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ABSTRACT 
Mechanobiology is central in the development, pathology, and regeneration of 
musculoskeletal tissues, in which mechanical factors play important roles. Therefore, there is a 
need for methods to characterize the composition and mechanical properties of developing 
musculoskeletal tissues over time. Ultrasound elastographic techniques have been developed for 
noninvasive imaging of spatial heterogeneity in tissue stiffness. However, their application for 
quantitative assessment of tissue mechanical properties, especially viscoelastic properties, has not 
been exploited. Additionally, ultrasound energy may be used to apply mechanical stimulation to 
engineered constructs at the microscale, and thereby to enhance tissue regeneration. 
We have developed a multimode ultrasound viscoelastography (MUVE) system for 
assessing microscale mechanical properties of engineered hydrogels. MUVE uses focused 
ultrasound pulses to apply acoustic radiation force (ARF) to deform samples, while concurrently 
measuring sample dimensions using coaxial high frequency ultrasound imaging. We used MUVE 
to perform creep tests on agarose, collagen, and fibrin hydrogels of defined concentrations, as well 
as to monitor the mechanical properties of cell-seeded constructs over time. Local and bulk 
viscoelastic properties were extracted from strain-time curves through fitting of relevant 
constitutive models, showing clear differences between concentrations and materials. In particular, 
we showed that MUVE is capable of mapping heterogeneity of samples in 3D. Using inclusion of 
dense agarose microbeads within agarose, collagen and fibrin hydrogels, we determined the spatial 
resolution of MUVE to be approximately 200 μm in both the lateral and axial directions. 
Comparison of MUVE to nanoindentation and shear rheometry showed that our ultrasound-based 
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technique was superior in generating consistent, microscale data, particularly for very soft 
materials. 
We have also adapted MUVE to generate localized cyclic compression, as a means to 
mechanically stimulate engineered tissue constructs at the microscale. Selected treatment protocols 
were shown to enhance the osteogenic differentiation of human mesenchymal stem cells in 
collagen-fibrin hydrogels. Constructs treated at 1 Hz at an acoustic pressure of 0.7 MPa for 30 
minutes per day showed accelerated osteogenesis and increased mineralization by 10 to 30 percent, 
relative to unstimulated controls. In separate experiments, the ultrasound pulse intensity was 
increased over time to compensate for changes in matrix properties over time, and a 35 percent 
increase in mineralization was achieved. 
We also extended the application of a previously-developed spectral ultrasound imaging 
(SUSI) technique to an animal model for early detection of heterotopic ossification (HO). The 
quantitative information on acoustic scatterer size and concentration derived from SUSI was used 
to differentiate tissue composition in a burn/tenotomy mice model from the control model. 
Importantly, HO foci were detected as early as one week after injury using SUSI, which is 3-5 
weeks earlier than when using conventional micro-computed tomography. 
Taken together, these results demonstrate that ultrasound-based techniques can non-
invasively and quantitatively characterize viscoelastic properties of soft materials in 3D, as well 
as their composition over time. Ultrasound pulses can also be used to stimulate engineered 
constructs to promote musculoskeletal tissue formation. MUVE, SUSI, and ultrasound stimulation 
can be combined into an integrated system to investigate the roles of matrix composition, static 
mechanical environment, and dynamic mechanical stimuli in tissue regeneration, as well as the 
interactions of these factors and their evolution over time. Ultrasound-based techniques therefore 
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have promising potential in noninvasively characterizing the composition and biomechanics, as 
well as providing mechanical intervention in native and engineered tissues as they develop over 
time.
 1 
Chapter 1 Introduction 
*Part of Chapter 1, Copyright © 2016 Mary Ann Liebert, Inc. or its licensors or distributors 
1.1 Background and Motivation 
Since its emergence, tissue engineering has been an important field for developing 
biological alternatives to restore, replace or regenerate defective tissues. In tissue engineering, a 
scaffold analogous to extracellular matrix (ECM) in natural tissue is required to provide structural 
support and physical environment for cell adhesion and tissue development [1, 2]. With the 
development of tissue engineering, multiple approaches for scaffolding have been developed. 
Among them, cell encapsulated self-assembled hydrogel matrix has shown several advantages 
over other approaches and has wide applications for soft tissues since it provides an environment 
for more intimate cell-matrix interactions, and involves an simple fabrication and implantation 
procedure [3-6]. Other than the development of scaffold synthesis, a subfield of functional tissue 
engineering has grown, and increasing attention has been focused on incorporating biomechanical 
functions into engineered tissue constructs [7, 8]. It has become evident that the mechanobiological 
interactions between cells and scaffolds have significant impact on cell fate and function. In 
particular, the viscoelastic mechanical properties have recently been shown to be a determining 
factor in cell function and differentiation [9, 10]. In addition to the passive mechanical 
environment, external mechanical load also plays a critical role in tissue development and 
regeneration. Mechanical stimulation in various forms including tension, compression, fluid flow, 
vibration and microgravity have been shown to influence cell differentiation and tissue 
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regeneration and cyclic strain has been found to enhance osteogenic differentiation of stem cells 
[11-19]. On the hand, lack of mechanical stimulation can lead to cell apoptosis and loss of tissue 
function [20]. Therefore, there is a clear need for methods that can characterize of the mechanical 
properties, especially viscoelastic properties, of native tissue and engineered scaffolds and 
techniques that can provide dynamic mechanical stimulation for engineered tissue constructs. 
Despite the availability of some conventional mechanical testing and stimulation methods, these 
methods usually involve direct contact with the samples, which limits their applications in vivo.  
Ultrasound has now become a powerful tool for diagnostic and therapeutic applications in 
regenerative medicine. As an imaging tool, ultrasound has mostly been used for real-time 
noninvasive diagnostic imaging. As ultrasound propagates through a material, reflected radio-
frequency (RF) signal is generated when encountering mismatch in acoustic impedance. A single 
scan line showing the pulse-echo signals as a function of depth forms the amplitude mode (A-
mode) ultrasound. Brightness-mode (B-mode) ultrasound is currently most widely used in 
diagnostic imaging and it provides two-dimensional gray-scale images. Volumetric and motion 
mode (M-mode) imaging can be also obtained from a series of scan lines in spatial or time domain 
[21, 22]. Based on these fundamental imaging modes, quantitative ultrasound for tissue and 
scaffolds characterization is in rapid development. To measure tissue mechanical properties 
noninvasively and nondestructively, ultrasound elastography techniques have been developed [23] 
and applied to assess variations in local tissue properties and change in tissue stiffness to detect 
tumor and evaluate response to therapies [24-26]. For therapeutic purposes, ultrasound has been 
commonly used in physiotherapy and lithotripsy procedures for tissue fragmentation. Moreover, a 
variety of tissue stimulation techniques have been developed to enhance tissue development and 
regeneration. A most studied and widely used ultrasound stimulation method is low intensity 
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pulsed ultrasound (LIPUS), which has been shown to accelerate fracture healing and treat 
nonunion by applying pulsed ultrasound with intensity in between diagnostic and fragmentation-
induced-therapeutic ultrasound [27, 28]. 
Whereas ultrasound elastographic technique and LIPUS have proven advances in 
mechanical characterization and stimulation, there is still substantial potential in ultrasound that 
can be exploited for tissue engineering applications. Most applications of ultrasound elastography 
have been focused on providing information of the relative stiffness in native tissues, leaving the 
need for a noninvasive mechanical testing system that generates reliable quantitative measurement 
of viscoelasticity in engineered scaffolds unfulfilled. Additionally, there is also potential for 
developing a novel noninvasive stimulation technique to leverage benefits from cyclic strain at 
tissue level using conventional stimulation methods and microscale oscillatory strain with acoustic 
streaming using LIPUS [29] to further enhance tissue regeneration.  
In the following sections, we will discuss established ultrasound-based compositional and 
mechanical characterization techniques and mechanical stimulation methods using contact forces 
and non-contact acoustic radiation force.  
1.2 Ultrasound Characterization Techniques 
Ultrasound imaging typically operates in pulse-echo mode, in which a transducer sends an 
ultrasound pulse and then receives the backscattered echo signals from the sample under 
examination. At a fixed location, the time domain echo (A-line) signals provide the locations of 
acoustic scatterers along the line of sight of the ultrasound pulse, as the signal arrival time from a 
scatterer is proportional to its distance from the transducer. The amplitudes of the echo signals 
generally represent the “strength” of the scatterers, which is related to the local acoustic properties. 
A two dimensional (2D) cross-sectional image, or grayscale B-mode image, is formed from a 
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collection of A-lines from consecutive locations across a region. A 3D volumetric image can be 
generated by stacking a set of adjacent 2D images.  
The ability of ultrasound to penetrate a wide range of different tissue types and materials 
makes this technique suitable for noninvasive visualization of the bulk phase of engineered tissues. 
It is therefore a logical extension to exploit the desirable features of ultrasound imaging in tissue 
engineering applications. Significant progress has been made in both arenas. Below, we provide 
an overview of the ultrasound imaging techniques and their applications in tissue engineering.   
1.2.1 Compositional Characterization 
Grayscale ultrasound imaging for assessment of engineered tissues  
Table 1-1 shows a list of representative studies that employed conventional B-mode 
ultrasound imaging techniques, a number of pioneering studies have used conventional grayscale 
ultrasound for nondestructive characterization of tissue components and properties in a variety of 
systems. For example, attenuation of B-mode ultrasound image intensity over time has been shown 
to correlate with extracellular matrix (ECM) deposition and differentiation of stem cells on 3D 
synthetic polymer scaffolds [30]. Similarly, grayscale ultrasound imaging has been used to track 
collagen production by myofibroblasts in 3D fibrin matrices over an 18 day culture time [31], and 
to characterize cell number in ceramic composites [32]. In addition, acoustic imaging parameters 
that represent bulk material properties have even been used to assess matrix evolution by 
chondrocytes in hydrogels over time [33, 34]. 
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While conventional B-mode ultrasound imaging can provide spatial and temporal 
information about sample morphology based purely on grayscale values [35], this approach 
provides little direct information about sample composition. In addition, purely grayscale signal-
based analysis is both system- and operator-dependent. The imaging signals are affected by a 
variety of factors not associated with sample properties. These factors include power level of the 
input signals, ultrasound transducer response, receiver gain, and imaging/signal algorithms for pre- 
and post-processing and display. Therefore it is difficult to meaningfully compare the results 
obtained between ultrasound imaging data taken from different systems or at different times by 
different operators [36, 37]. 
Quantitative ultrasound (QUS) imaging for microscale assessment of engineered tissues 
Although any ultrasound-based methods, even those based on conventional B-mode 
imaging, that provide quantitative assessments may be referred as quantitative ultrasound 
techniques, we here specifically refer only those techniques that derive objective, microscopic 
information related to local tissue composition and structural details as QUS imaging techniques. 
QUS imaging techniques are based on the fact that ultrasound propagation and acoustic scattering 
in tissue or body of material depends on the local variation of acoustic properties, which in turn is 
Table 1-1. Representative studies employing B-Mode ultrasound imaging for tissue engineering 
applications 
Representative studies Imaging parameters Imaging 
frequency, MHz 
References 
Evaluation of extracellular matrix deposition 
and differentiation of stem cells on 3D synthetic 
polymer scaffolds 
Attenuation 40 focused Fite et al.  
Tracking of collagen production by 
myofibroblasts in 3D fibrin matrices over an 18 
day culture time 
Grayscale 
ultrasound imaging 
13 linear array Kreitz et al.  




N/A Oe et al. 
Monitoring of cartilaginous matrix evolution in 
degradable PEG hydrogels 
Speed of sound, 
slope of attenuation 
50 and 100 Rice et al. 
Evaluation of agarose hydrogel mechanical 
properties 




related to tissue microstructure, composition, and other physical properties such as density and 
compressibility. However, quantitative details of tissue composition are not explicitly apparent 
from the backscattered signals. Therefore, QUS imaging techniques typically utilize the raw radio-
frequency (RF) data of ultrasound backscattered signals to extract objective, quantitative, 
microscale metrics of tissues. As shown in Table 1-2, a number of parameters have been exploited 
as quantitative estimates of the density, size, and spatial organization of acoustic scatterers in 
tissue. An important advantage of using raw RF data is the ability to derive results independent of 
system and operator settings, thereby providing a more objective view of sample characteristics. 
QUS imaging has been applied to a broad range of tissue characterization applications 
(Table 1-2), for example, to identify changes in tissue state in prostate, breast, and other cancer 
[38-40], as well as intravascular plaques [41]. It has also been implemented for monitoring of cell 
death [42, 43], and assessing therapeutic responses in diseased tissues [44-46]. These successful 
applications have motivated the exploration of QUS approaches in tissue engineering. In the 
following sections, we discuss two main QUS techniques, use of the integrated backscatter 





The IBC for tissue characterization 
 
One QUS imaging technique uses the IBC for tissue characterization [47]. The IBC is an 
estimate of the backscattered intensity of the sub-resolution scatterers per unit volume of tissue 
Table 1-2. Representative studies employing quantitative ultrasound imaging techniques for tissue 
engineering applications 
 
Representative studies Imaging parameters Imaging 
frequency, MHz 
References 
Estimation of cell concentration 
in 3D agarose constructs 
Integrated backscatter coefficient 30 and 38 Mercado et al. 
Assessment of spatial variation 
in collagen fiber density and 
diameter in 3D hydrogels 
Integrated backscatter coefficient 38 Mercado et al. 
Spatiotemporal 
characterization of 
mineralization in 3D collagen 
hydrogels 
Midband fit and slope 55 Gudur et al. 
Quantification of osteoblast 
differentiation in 3D collagen 
hydrogels 
Midband fit, slope, scatterer size, 
equivalent number of scatterers, 
relative acoustic impedance 
55 Gudur et al. 
 
 
Figure 1-1. (A, B) C-scan and integrated backscatter coefficient (IBC) parametric imaging of acellular 
and (C, D) cell-seeded collagen gels. Best viewed in color. Adapted from Mercado et al. and used with 
permission [51].  
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under examination over the transducer bandwidth [48]. Although the scatterers are too small to be 
resolved individually in ultrasound imaging, which typically uses frequencies in the MHz range, 
the IBC provides a quantitative metric that approximates the scatterer number density [45, 48]. 
The IBC method can therefore be used to estimate the cell density and spatial distribution in tissue 
constructs. In a recent study by Mercado et al. [49], the IBC, calculated from the measured 
backscattered RF data in a frequency range of 13 – 47 MHz, was used to non-invasively estimate 
cell concentration in agarose gels. It was found that the IBC for cell-seeded gels increased linearly 
as cell density increased, suggesting that IBC values may represent the collective “strength” of the 
cells serving as acoustic scatterers in the constructs. It was also shown that both the accuracy and 
precision of IBC estimation improved with increasing region of interest (ROI) dimensions and cell 
concentration. These results are promising, and were obtained completely non-destructively. 
While this study examined only one time-point, it served as proof-of-concept that the IBC could 
be used to monitor cell populations within engineered tissue constructs. 
The IBC method has also been extended to characterize collagen-based biomaterials [50], 
which are widely investigated as scaffolds in tissue engineering. As with cellular characterization, 
non-invasive techniques capable of visualizing collagen fiber microstructure would greatly aid the 
development of functional engineered tissues. In acellular collagen gels, the IBC increased linearly 
with increasing collagen concentration, indicating that collagen can act as an “effective” acoustic 
scatterer in such constructs. In contrast, collagen gels fabricated at higher polymerization 
temperature exhibited lower IBC values. Interestingly, IBC parametric images allowed 
visualization of the spatial variation in collagen distribution caused by the geometry of the gels 
studied, as shown in Figure 1-1. This work demonstrated that IBC analysis can be used to 
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indirectly examine the microstructure and spatial composition of 3D collagen matrices even in the 
absence of stronger scatterers such as cells. 
Spectrum analysis for tissue characterization 
Frequency domain analysis of backscattered RF signals in ultrasound imaging has also 
been exploited to provide objective, quantitative tissue characterization [35, 36, 51, 52]. In this 
approach, power spectra of the RF signals from an ROI are computed and calibrated so that the 
system effects are removed. Instead of obtaining an aggregate parameter such as the integrated 
IBC, spectrum analysis generates spectral parameters that can provide additional information 
about the underlying tissue microstructure. As shown in Table 1-2, the spectrum analysis 
technique has been used in various applications, including characterization of plaque composition 
by intravascular ultrasound (IVUS) [41, 53, 54], lesions induced by high intensity focused 
ultrasound (HIFU) [55, 56]. Spectral parameters have also shown the ability to identify changes in 
a tissue state for a number of organ systems including the prostate, pancreas, and lymph node [40, 
57, 58]. 
The technique is based on the fact that spectral characteristics of the backscattered RF data 
includes information of the “effective” acoustic scatterers in tissue. As these scatterers are 
generally much smaller compared with the ultrasound wavelength, the calibrated spectra of the RF 
data are often quasi-linear over the bandwidth used in typical ultrasound imaging. Therefore, a 
linear regression is sufficient to obtain a set of parameters from the calibrated tissue spectra. 
Typically, the slope and intercept of the regression line as well as the mid-band fit (MBF), which 
is the linear function evaluated at the midpoint of the usable bandwidth, are used in spectrum 
analysis. Importantly, it has been shown theoretically that these spectral regression parameters are 
related to tissue microstructural properties [37, 51, 59]. For example, spectral slope depends on 
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the scatterer size, whereas MBF relates to size, concentration and relative acoustic impedances of 
the scattering elements [51]. 
Spectrum analysis can be applied to data from conventional ultrasound imaging (5-15 
MHz) in diagnostic radiology [60], as well as to high frequency ultrasound imaging (20-60 MHz). 
The advantage of high frequencies, with wavelengths on the order of 100 μm, is that the higher 
resolution allows characterization of smaller tissue structures. Spectral analysis has been 
implemented to characterize the properties of cell aggregates that were used as simplified models 
of tumors [42, 60] and it was possible to detect cellular changes after exposure to chemotherapy 
[61]. In particular, it was found that ultrasound backscatter intensity and spectral slope increased 
after treatment, due to the decrease in the effective scatterer size associated with changes in cell 
nuclei and cell structure.  
 We recently implemented a high frequency spectral ultrasound imaging (SUSI) technique 
for non-invasive, quantitative assessment of engineered tissues. SUSI was applied to a model 
construct that mimics developing mineralized tissue [62]. Figure 1-2 shows a schematic of the 
SUSI setup used.  
 
 
Figure 1-2. Schematic of experimental setup used for spectral ultrasound imaging (SUSI) of tissue 
construct. Adapted from Gudur et al. and used with permission [63]. 
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The SUSI technique was validated using collagen hydrogels doped with known amounts of 
hydroxyapatite mineral (HA). Example grayscale and parametric images of HA-doped collagen 
gels are presented in Figure 1-3. It was shown that the MBF corresponded to HA concentration 
and therefore could be used to characterize the distribution of particles in the constructs. The 
spectral slope was inversely related to HA particle size, and therefore could be used to discriminate 
between different grades of HA.  
 
Exogenous mineralization of collagen gels was also induced via incubation in a high ionic strength 
solution to assess the ability of SUSI to monitor changes in the constructs over time, and to 
correlate spectral parameters with the concentration of mineral in the constructs. Figure 1-4 shows 
example grayscale and parametric images at two time points. The MBF was useful in showing the 
pattern of mineral precipitation and the densification of the constructs over time. The slope 
parameter showed how particle size increased over time as mineral accretion progressed. 
 
Figure 1-3. Virtual histology of three-dimensional (3D) collagen construct with added hydroxyapatite 
mineral. (A) Color image of the top view of constructs.(B) 3D ultrasound rendered image of the region 
outlined in (A). (C) Ultrasound C-scan of a transverse x–y plane. (D) Grayscale (GS), (E) midband fit 
(MBF), and (F) slope parametric images of one section in the x–zplane. Best viewed in color. Adapted 
from Gudur et al.  and used with permission [63].  
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In a follow-up study, we applied high resolution SUSI to quantitatively characterize the 
differentiation of pre-osteoblast cells seeded in 3D collagen-based engineered tissues [63]. SUSI 
was used to assess the compositional features of the cell-seeded constructs, including cell size, cell 
number, and calcium deposition. Estimation of cell size using the spectral slope parameter resulted 
in a value of 12-15 µm, which is larger than the nucleus alone and suggests that the cell body may 
also be involved in the scattering of ultrasound. Cell numbers were estimated based on the acoustic 
concentration (CQ2) per unit volume, and agreed well with values obtained by conventional 
biochemical analysis at early time points. However, as the cells in the constructs differentiated, the 
cell number estimates became less accurate, presumably due to increased acoustic impedance 
caused by cellular calcium deposition. The value of the relative acoustic impedance was also used 
to estimate the mass of calcium deposited, which matched closely with data obtained by destructive 
biochemical analysis. 
1.2.2 Mechanical Characterization  
While grayscale B-mode ultrasound imaging is useful to understand tissue morphology and 
QUS imaging can assess certain aspects of tissue composition and microstructure, ultrasound 
imaging techniques also have potential for characterizing the mechanical properties of native and 
 
Figure 1-4. 3D rendered (first column), MBF superimposed on GS (second column), and slope 
superimposed on GS (third column) images of collagen constructs mineralized in simulated body fluid on 
day 7 and day 21. Best viewed in color. Adapted from Gudur et al. and used with permission [63].  
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engineered tissues [64, 65]. For example, ultrasound elastography techniques are based on the fact 
that ultrasound can detect signal changes that are specifically associated with the mechanical 
properties of tissue such as the stiffness or Young’s modulus. Measurement of the speed of sound 
within a sample has also been used to characterize hydrogel mechanical properties [34]. Chung et 
al. [66] recently reported a study that estimated regional strains using ultrasound pulse-echo 
detection of a displacement generated by indentation of multilayered hydrogels and tissue 
engineered cartilage. Excellent reviews of ultrasound elasticity imaging methods have been 
provided by Greenleaf et al. [67], Parker et al. [68], Palmeri and Nightingale [69], and DeWall 
[67]. In the subsections below, we first summarize two main forms of ultrasound elastography: 
conventional ultrasound elasticity imaging (UEI) and acoustic radiation force (ARF) elasticity 
imaging. We then focus our attention to ultrasound techniques for assessing viscoelasticity for 
tissue engineering applications. 
Ultrasound techniques for quantification of tissue stiffness 
Ultrasound elasticity imaging (UEI) [70, 71], also called ultrasound elastography, has been 
exploited for tumor detection and other applications in which detection of spatial variation of tissue 
stiffness is informative [24, 70, 72]. These techniques are based on the differences of tissue 
displacements in uncompressed versus compressed tissues, as determined by ultrasound echo 
signals. Kim et al. has reported the use of ultrasound strain imaging technique for non-invasive 
monitoring of tissue scaffold degradation in tissue engineering [73]. 
In conventional UEI, an external static load is applied to the surface of a tissue to generate 
compression, usually via a mechanical device such as a platen. A sequence of pre- and post-
compression ultrasound images are processed using a cross-correlation algorithm or speckle 
tracking scheme to detect the displacement at each location within the sample, to infer the elasticity 
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inside the sample [74, 75]. This technique has a particular advantage in imaging the spatial 
variation of mechanical properties within a tissue volume. For example, if a soft or hard inclusion 
is present in the tissue sample, the relative local deformation will exhibit a pattern that depends on 
the size of the inclusion and its stiffness relative to the surrounding material. UEI techniques 
exploit the same idea as manual palpation, but provide images of tissue volume with richer 
information in a more systematic and controlled fashion. 
Acoustic radiation force (ARF) elasticity imaging uses the force associated with an 
ultrasound beam as a means to achieve deformation in a material body in a non-contact fashion 
[65]. Unlike the conventional form of UEI, ARF is a body force generated within a material sample 
generated by momentum transfer from the ultrasound wave to the medium [65]. For a plane wave, 
the ARF is proportional to the acoustic intensity, which is the time average of the acoustic pressure. 
If it is of sufficient magnitude, such a force may be utilized to induce tissue compression. In 
conventional ultrasound imaging, the ARF associated with the imaging pulse is small so that tissue 
deformation is negligible. However, an elegant form of ARF elasticity imaging, called acoustic 
radiation force impulse (ARFI) [76, 77] imaging adjusts the pulse intensity on selected pulses, and 
therefore can use the same pulse-echo ultrasound imaging system to generate both the compression 
ultrasound pulses, as well as the imaging pulses for detecting tissue displacements. Figure 1-5 
shows example grayscale and ARFI images for live tissue during a RF ablation procedure [78]. 
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Ultrasound techniques for quantification of the viscoelastic properties 
In general, soft tissues are viscoelastic, inhomogeneous, and anisotropic [79], exhibiting 
properties of both elastic solids and viscous fluids. Engineered tissues typically make use of cells 
and biomaterial scaffolds that mimic key properties of the extracellular matrix (ECM), including 
biomechanical properties. Therefore, assessment of the material properties is an important tool in 
developing engineered tissues. However, current mechanical characterization methods are limited 
by the need for contact with the sample and their inherently destructive nature, which make them 
difficult to apply to cellular engineered constructs. Ultrasound techniques offer a new way of 
 
Figure 1-5.  B-mode and acoustic radiation force impulse (ARFI) images of liver sample 
before (a and b) and after (c to f) radiofrequency (RF) ablation procedure. Best viewed in color. Adapted 
from Fahey et al. and used with permission [79]. 
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characterizing engineered tissues, particularly those based on hydrogel scaffolds, which typically 
display viscoelastic properties. 
Sonorheometry and monitoring of excitation and recovery using ARF imaging 
Sonorheometry uses a series of high pulse repetition frequency (PRF) pulses to effectively 
generate a step excitation of a desired duration in sample [80]. This approach provides extended 
deformation and permits the measurement of the viscoelastic properties of a material. Walker et 
al. [81] used this technique, with 10 MHz transducer, to obtain the time-displacement curve from 
the sample. By fitting the time-displacement curve with a Voigt model, the relative elasticity and 
viscosity of the samples were derived. Since the ARF associated with typical imaging pulses are 
very small, Mauldin at el. extended the approach to allow monitoring of steady-state excitation 
and recovery (MSSER) of deformation in a sample before and after a step stress application [82]. 
Similar to ARFI elastography, the MSSER technique used two types of pulses using the same 
imaging system for both imaging and pushing, with 6.15 MHz and 4.21 MHz center frequency 
respectively. The pushing pulses were generated simply by increasing the acoustic pressure 
amplitude of the ultrasound pulses in order to deform the tissue more efficiently.  
The sonorheometry and MSSER techniques employ the same ultrasound transducer and 
system for ARF application and imaging. While this configuration has advantages, it can also be 
restricting due to contradicting requirements for the compressing and imaging ultrasound beams. 
For example, high frequency is preferred to achieve high axial resolution for imaging. However, 
the correspondingly higher attenuation at high frequency results in reduced penetration depth. In 
addition, axial energy distribution at high frequency creates an inhomogeneous force field, 
complicating the analysis required to map the spatial distribution of viscoelastic properties. Also, 
these approaches require protocols to generate ARF pushing pulses with increased intensity, which 
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may present a technical barrier for working with commercial systems. Finally, while adjusting 
acoustic pressure amplitude and duration of the ultrasound pulses may be achieved with the same 
transducer, it may be difficult to alter the spatial beam characteristics using the same transducer.  
Summary 
Ultrasound techniques have proven their value in a wide range of in vitro and in vivo tissue 
characterization applications. These methods are particularly valuable in characterizing the spatial 
variation of tissue composition and properties, as well as in noninvasively monitoring tissue 
development over time. The use of non-ionizing radiation in ultrasound techniques to provide 
rapid, noninvasive, and image-based data therefore also has great potential in characterizing 
engineered tissues.  
Ultrasound-based methods offer potentially important advantages over other tissue 
characterization techniques, and in vitro applications are progressively being translated to in vivo 
and clinical use. For example, UEI is now an FDA-approved technique for diagnostic breast 
imaging and classifying suspicious lesions [83]. Various forms of UEI techniques have also been 
exploited for other applications including characterizing contractility and strain in the myocardium 
[84-86].  Similarly, ARFI imaging has been investigated for multiple clinical applications, 
including assessment of changes in cardiac tissue stiffness [87] and detection of tumors in the 
prostate [88]. A version of ARFI elastography, called Virtual Touch tissue imaging, has been 
implemented on a commercial system with on-going clinical evaluations in Europe and Asia [65]. 
An important challenge in translating ARF-based ultrasound elastography techniques to in 
vivo applications is the difficulty in quantitatively characterizing the ARF. Relative measurements 
of tissue stiffness are useful in differentiating between healthy and diseased tissues. However, in 
some cases quantification of the material properties is preferred or necessary. In vitro 
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characterization of the ARF has been pursued, however strategies to determine its magnitude in 
vivo are also needed. 
Ultrasound is unique in the way it interacts with biological tissue, offering the possibility 
of generating new kinds of mechanical properties data at scales relevant to cellular 
mechanobiology. The excellent tissue penetration and wide range of ultrasound frequencies and 
choice of other operating parameters make ultrasound techniques very versatile. Ultrasound is 
increasingly being applied to applications in tissue characterization, and offers a way to generate 
information-rich, quantitative representations of both native and engineered tissues. 
1.3 Stimulation Techniques 
Mechanical stimuli play a critical role in various stages of cell and tissue development and 
regeneration. Given the scope of this dissertation and the emphasis of ultrasound applications in 
musculoskeletal tissue engineering, in the following section we will focus on applications of 
extrinsic mechanical cues for directing stem cell fate and enhancing matrix deposition in 
mineralizing tissue.  
1.3.1 Extrinsic Tensile, Compressive and Shear Stress  
Tensile stress  
Tensile stress is prominent in musculoskeletal system and tissues like muscle and tendons 
which naturally experience tensile forces when in motion. Abundant studies have convincingly 
demonstrated that effects of tensile forces in stem cell fate determination. Application of cyclic 
tensile strain can increase fibrogenic, osteogenic and chondrogenic markers in MSC, and effects 
are shown to heavily depend on the loading conditions [13, 19, 89-92]. Higher magnitude of strain 
guides MSCs towards myogenesis while low strain magnitude leads to osteogenesis [93]. Cyclic 
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tensile strain, when applied at appropriate magnitude and frequency, can increase osteogenic gene 
expression, alkaline phosphatase activity, calcium deposition rate and amount. Sun et al. [94] 
reported that the strain magnitude, loading frequency and direction of tensile forces influenced 
MSC proliferation and collagen production. Their study showed optimal results were obtained 
with 10% strain at 1.0 Hz when applying the load uniaxially, and at 0.1 Hz when applying load 
radially. Similar results have been reported by others using various scaffold materials including 
alginate, collagen-coated silicone, plastic strips and collagen [13, 19, 91, 95-97]. Increase in gene 
expression and alkaline phosphatase (ALP) were observed in some studies with treatment duration 
as short as 40 min [96]. Moreover, Sumanasinghe et al. [98] also reported cyclic tensile strain 
induces cytokines that inhibit bone resorption, suggesting potential benefits of marinating bone 
mass.  
Compressive stress 
Native bone tissues experience dynamic compressive loads with a peak magnitude around 
0.2 – 0.35% [99] which occurs at a frequency around 1 – 3 Hz [100]. Only few studies have 
explored cyclic compressive strain at similar scale to the physiological dynamic load. One of the 
studies was shown by Ravichandran et al. where they cyclically compress cellular graft with 0.22% 
strain at 1 Hz for 4 h per day and observed an increase in osteogenic genes (osteonectin and 
COL1A1), ALP, and mineralization [100]. Most studies on cyclic compression investigated 
compressive strain in the range from 5% to 60% at 0.1 to 10 Hz [101-106]. Results from these 
studies demonstrated similar findings to those applying tensile stress. Osteogenesis favors low 
magnitude of strain while chondrogenesis favors higher strain magnitude, and adipogenesis is 
generally suppressed with cyclic strain [101-106]. Horner et al. [101] found that MSC 
differentiation into osteogenic/chondrogenic lineage is magnitude-dependent and inversely-
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related. In this study, they compressed the electrospun scaffolds by 5 to 20% at 1 Hz for 2 h per 
day, and observed that with higher strain magnitude, the chondrogenic marker and 
glycosaminoglycan (GAG) production increases while osteogenic markers and mineralization 
decreases. These studies demonstrated that MSC lineage determination can be controlled by 
varying parameters in the dynamic strain regimen.   
Shear stress  
Shear stress is often related to fluid motion over the tissue surface and fluid-flow-induced 
shear stress has been found to be necessary for MSC to differentiate towards endothelial cells 
[107]. More recently, studies have shown that shear stress can also induce stem cell differentiation 
towards bone-producing cells [108] and osteoblastic lineage differentiation [109]. Kreke et al. 
[110] reported that continuous and intermittent shear stress can both enhance mineralization to 
similar levels at day 21, but shorter duration of continuous shear stress was needed to trigger up-
regulation of osteogenesis-related prostaglandins. Additionally, according to a study conducted by 
Zhao et al. [111], flow rate also elicits different responses from hMSCs in the long term. When 
exposed to higher magnitude of shear stress, hMSCs in 3D scaffolds showed higher ALP activity 
and calcium deposition.  
1.3.2 Low-Intensity Pulsed Ultrasound (LIPUS) 
Low-Intensity Pulsed Ultrasound (LIPUS) has been shown clinically to accelerate fresh 
fracture healing [112, 113], effectively treat delayed unions [114] and nonunion [115, 116]. A 
commercial device has been approved by Food and Drug Administration (FDA) for fracture 
healing. In contrast to high-intensity (1 – 300 mW/cm2) continuous ultrasound that are used to 
cause heat in tissues, LIPUS deliverers pulsed acoustic energy of low intensity ( 5 – 100 mW/cm2) 
that are considered to be nondestructive and with limited thermal effects [117]. The LIPUS 
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treatment typically applies ultrasound waves of 1.5 MHz repeating at 1 kHz with 20% duty cycle 
at an intensity of 30 mW/cm2 spatial average temporal average (SATA) for 20 min per day [118]. 
In the last two decades, it has also drawn attention for in vitro applications on stem cells, pre-
osteoblastic cells and bone cell [26-28]. It has been shown to promote osteogenesis and 
chondrogenesis while suppressing adipogenesis [119-124], and the lineage determination mostly 
depends on the treatment intensity and pulse repetition frequency (PRF) [125-127]. Effectiveness 
of using LIPUS for differentiating stem cells towards a specific lineage also depends on the daily 
treat dosage and the onset timing [128, 129]. Further enhancement in acceleration fracture healing 
and promoting osteogenesis has been achieved when combining LIPUS with other mechanical 
stimuli such as microgravity, vibration or cyclic strain [121, 130, 131]. 
As acoustic wave delivered with LIPUS reaches the cells, it can act on integrin, 
mechanosensitive ion channels and gap junctions, and promote focal adhesion formation and 
increase matrix deposition [132-136]. LIPUS has been found to trigger various biochemical events 
in the cellular level [137-140] and several signaling pathways including 
integrin/phosphatidylinositol 3-OH kinase (PI3K)/Akt and ROCK-Cot/Tpl2-MEK-extracellular 
regulated kinase (ERK) pathway are involved in the mechanotransduction associated with LIPUS 
[136, 141-144].  The effects caused by LIPUS is believed to be associated with acoustic 
microstreaming and small oscillations of particles [138]. Microstreaming, distinctive from bulk 
streaming, requires secondary cavitation and therefore only exists in vitro in the form of eddies 
flow [145]. When occurs at cell-matrix interface, microstreaming is strong enough to change cell 
permeability and trigger cellular events [145]. Despite the existence of several theoretical 
explanations, the underlying mechanism of LIPUS has not been solidly elucidated.   
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1.4 Project Goal and Hypothesis 
The overall goal of this project is to develop a noninvasive mechanical testing system that 
can quantitatively characterize the viscoelastic mechanical properties of engineered tissues and a 
noninvasive stimulation method to cyclically strain cellular constructs to promote osteogenesis 
and enhance mineralization in engineered tissues. Together with the previously developed SUSI 
technique, we have a long-term goal to use these noninvasive techniques to comprehensibly study 
the mechanobiology and gain more control in developing tissue engineering approaches. Here, we 
propose a multimode ultrasound viscoelastography technique that aims to enable longitudinal 
monitoring and localized characterization of viscoelastic properties, which is crucial for quality 
control of engineered tissue constructs and comprehensive understanding of tissue development. 
In addition, we also intend to induce cyclic strain using ARF to promote stem cell differentiation 
and enhance mineralization. We hypothesize that the acoustic radiation force can be applied 
1) in a controlled and continuous manner to deform soft materials with concurrent 
ultrasound imaging for characterizing both bulk and local microscale viscoelastic properties 
quantitatively; 2) in a pulsed fashion to induce localized cyclic strain in engineered constructs 
seeded with human mesenchymal stem cells (hMSCs) to promote osteogenic differentiation 
and enhance mineralization.  
1.5 Specific Aims 
Specific Aim 1: Implement a noninvasive multi-mode ultrasound visco-elastography 
(MUVE) system for characterizing viscoelastic property of 3D engineered constructs.  
The MUVE system will be implemented to conduct mechanical test on 3D engineered 
tissue constructs utilizing acoustic radiation force. The proposed system consists of a focused 
ultrasound (FUS) transducer and a higher frequency imaging transducer. Mechanical compression 
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on the tissue constructs will be applied utilizing ARF from the FUS transducer, and deformation 
will be monitored using the imaging transducer. With the high resolution provided by ultrasound 
imaging, the cellular scale strain distribution within the construct will be mapped, and both bulk 
and local viscoelastic properties will be measured. To quantitatively characterize the viscoelastic 
properties of engineered constructs, parameters will be extracted by fitting resulted strain-time 
curves from the MUVE system to established mechanical models. Moreover, results obtained from 
MUVE will be compared to rheology and nanoindentation measurements for validation. 
Specific Aim 2: Interrogate viscoelastic properties in heterogeneous engineered constructs 
using MUVE  
This aim will further explore the capability of the MUVE system for measuring localized 
mechanical properties in 3D. We will test whether the system can detect difference in viscoelastic 
properties in multiphase constructs. Hydrogels with inclusions of varying sizes will be used to 
examine the resolution of the system. In addition, we will vary the concentration difference 
between the hydrogel and the inclusion to determine the detectivity, which defines the system’s 
detectable contrast in hydrogel composition. 
Specific Aim 3: Develop an ARF-based tissue stimulation technique that utilizes pulsed 
focused ultrasound to enhance osteogenic differentiation in engineered tissue constructs.  
In this specific aim, higher intensity focused ultrasound will be applied in a pulsed manner 
to induce cyclic strain in tissue constructs. We will investigate the influence of pulse repetition 
rate (PRF), ultrasound intensity, and treatment duration on osteogenesis and mineralization in 
collagen-fibrin hydrogels seeded with hMSCs and determine the parameters for optimal outcomes. 
Effects of the treatment will be evaluated based on cell viability, osteogenesis-related protein 
expression and mineral deposition.  
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These aims will guide us to develop an ultrasound mechanical testing technique that can 
nondestructively and noninvasively characterize bulk and localized mechanical properties of 
engineered tissue constructs. Additionally, a new ultrasound treatment strategy for enhancing 
osteogenic differentiation in engineered constructs will be investigated. The achievement of the 
goals will provide a new tool for nondestructive mechanical characterization and more efficient 
stimulation therapy for engineered tissue constructs, which further expands the scope of ultrasound 
applications in the field of tissue engineering.  
1.6 Preview of Thesis 
The present chapter (Chapter 1) provides the background and motivation of the 
dissertation, reviews the current methods and techniques for characterization and stimulation of 
tissue engineered constructs, and presents the hypothesis and specific aims of this dissertation. Part 
of Chapter 1 was published in Tissue Engineering Part B: Reviews in 2016 [146].  
An application of the spectral ultrasound imaging (SUSI) technique in an animal model for 
detection of heterotopic ossification is discussed in Chapter 2. Parameters from SUSI differentiated 
mineralizing tissue from its surrounding tissue in a burn/tenotomy animal model and also from the 
uninjured control animal model. SUSI detected early ossification just one week after injury, which 
is 3 to 4 weeks earlier than when imaging with µCT. The study also demonstrates the feasibility 
of applying the ultrasound technique in vivo. This chapter has been accepted for publication in 
Bone this year.  
Chapter 3 (aim 1) presents our work in developing the multimodel ultrasound 
viscoelastography system, which addresses aim 1. The system uses a FUS transducer to apply 
constant ARF to deform the sample while monitoring the deformation with a higher frequency 
imaging transducer. Both qualitative and quantitative results were obtained to characterize the bulk 
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and local viscoelastic properties of agarose, collagen and fibrin hydrogels doped with 
hydroxyapatite as well as cell-seeded collagen constructs. This chapter was published in 
Biomaterials in 2016 [147].  
The MUVE system was then used to interrogate the mechanical properties in 
heterogeneous materials and the study is presented in Chapter 4 (aim 2). The MUVE system 
detected distinctive viscoelastic properties in multiphase constructs with agarose microbeads 
embedded in agarose, collagen and fibrin hydrogels. We varied the size of the agarose microbead 
and determined the system axial resolution to be around 200 µm and the system can detect a 
concentration difference of 9.54 mg/ml in agarose. Results from the MUVE system was compared 
with that from nanoindentation and shear rheometry, which addresses part of aim 1. This chapter 
is currently under submission process.   
We then adapted the MUVE system to implement a stimulation system which applies 
pulsed focused ARF to induce localized cyclic strain in collagen/fibrin hydrogels seeded with 
hMSCs. The system implementation, optimization and effects are discussed in Chapter 5. We 
explored the effects of pulse PRF and intensity on the induced strain profile and their influences 
on osteogenesis together with treatment duration. The ARF intensity was also increased to address 
the stiffening in the mineralizing constructs over time to further improve the system perform. 
Chapter 6 summarizes all the findings of this dissertation work and discusses several future 
directions to advance the current techniques and expand the applications.      
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Chapter 2  Detection of Heterotopic Ossification Using Spectral Ultrasound Imaging 
*Chapter 2, Copyright © 2018 Elsevier B.V. or its licensors or distributors 
2.1 Introduction  
Patients with severe burns, spinal cord injuries, and orthopedic interventions are at 
significant risk for developing heterotopic ossification (HO).1-3 More than 65% of major combat 
injuries and over 10% of patients who undergo invasive joint surgery develop HO.4 Animal models 
of traumatic HO have been tailored to create reproducible HO after polytrauma.5,6 Current 
treatment strategies are lacking, and even after a technically successful surgical extirpation, over 
75% of patients have difficulty maintaining their range of motion.7 The disruption of physiological 
structures by HO results in significant morbidity including limited range of motion, pain, and 
disability in performing activities of daily living.4,5 Currently, a definitive diagnosis of HO relies 
on the use of CT and MRI to locate and visualize ectopic lesions.2,3 Unfortunately, however, these 
imaging modalities are expensive, and diagnosis is oftentimes delayed as HO is only visualized 
after it has already formed and matured. In these cases, the critical therapeutic window for non-
operative treatment has passed and surgery becomes the only definitive option.6 Unfortunately, 
however, surgery is limited by incomplete restoration of range of motion and frequent recurrence 
in approximately 50-90% of cases.1 
The early diagnosis of HO is critically important for multiple reasons.7 Recent studies have 
analyzed newer strategies to detect early HO in congenital and traumatic forms.8-10 With improved 
diagnostic technologies for patients who are at high risk for HO, patients with severe burns and 
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blast injuries may be candidates for medical management as opposed to surgical intervention; more 
specifically, identifying a technology that can detect HO within 1-3 weeks after initiation will 
enable the implementation of pharmacologic strategies for early treatment instead of surgery.8 In 
animal models, the pharmacologic modulation of BMP signaling demonstrated the greatest 
reduction in HO when administered 0-2 weeks after injury, and less effect when administered 3-6 
weeks after injury.8 Current diagnostic modalities including CT and MRI are inadequate for the 
early detection of HO; other developing technologies such as Raman spectroscopy are effective in 
discriminating endochondral bone development, but have yet to be effectively translated to the 
clinic.9  
Spectral ultrasound imaging (SUSI), a technique extended from conventional grayscale B-
mode ultrasound imaging, retains the non-invasiveness of ultrasound imaging yet is capable of 
obtaining objective parameters related to the composition and structural properties of tissues based 
on an already ubiquitous technology.11-13 While some studies have tested the use of conventional 
grayscale ultrasound imaging for the detection of HO, it is not surprising that these studies have 
proven that ultrasound is effective for visualizing HO only once it has already formed or in the 
presence of limitations in range of motion, rather than at early time points.14-16 Conventional 
grayscale ultrasound imaging primarily provides morphological information of tissue cross-
sections with millimeters of spatial resolution. SUSI, on the other hand, utilizes calibrated spectra 
based on radio-frequency backscattered signals to extract parameters that are system- and operator 
independent; SUSI provides quantitative and objective tissue characterization.17 Spectral 
characteristics including acoustic scatter diameter in addition to other spectral parameters enable 
detection of tissue compositional changes in addition to morphology. These parameters can be 
mapped to generate specimen-specific reference ranges. Although high frequency ultrasound is 
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not suitable for use in highly mineralized tissues due to limited penetration and attenuation, SUSI 
represents a unique advancement for the visualization of developing foci of bone in soft tissue 
such as HO. Given previous results that have validated the use of spectral parameters of 
quantitative spectral ultrasound imaging in characterizing solid particles in inhomogeneous 
materials and improving the early detection of pathologies including breast cancer and 
atherosclerotic plaques, it is possible that this technology will provide value for the early detection 
of HO.18,19,20  
In this study, we validate the use of SUSI in the identification of musculoskeletal tissues, 
and the visualization of ectopic bone at multiple stages of its development in a mouse model of 
traumatic HO. We investigated the differences in timing between injury and initial detection of 
HO using SUSI versus the current gold standard of imaging, micro CT. The use of SUSI has the 
potential to expand the diagnostic options available to patients with HO, and can also enable the 
use of additional pharmacologic agents against HO in a timelier manner than what is currently 
possible.  
2.2 Materials and Methods 
2.2.1 Burn Injury and Achilles Tenotomy Models  
To evaluate the ability of SUSI to detect HO, we used our validated burn/tenotomy 
model.19 Two groups of studies were performed. First, a longitudinal analysis was conducted to 
compare an injured limb (left) to an uninjured limb (right) as a control (n=5 mice per group). This 
specific comparison was selected as a correlate to clinical scenarios in which patients commonly 
present with one injured limb using imaging from the injured side as a comparison to the uninjured 
side to detect pathology. Longitudinal analysis was conducted to compare the accuracy and timing 
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of detection using SUSI versus micro CT. Additionally, static time point analyses were performed 
to compare the uninjured limb (right) to the injured limb with HO (left) using SUSI, CT, and 
histology at 1, 2, 4, and 9 weeks after injury (n=3-5 mice per time point). To perform the 
burn/tenotomy surgeries, mice were anesthetized using isofluorane and pre-treated with 
buprenorphine. The dorsum of each mouse was shaved, and a metal block heated to 60˚Celsius 
was placed at this site for 18 seconds. Next, a pair of scissors was used to make an incision at the 
site of the Achilles’ tendon. Dissection was carried down to visualize the tendon which was then 
sharply divided. The skin incision was closed with a 4-0 vicryl suture. No injury was performed 
on the right limb for comparison.  
Next, in order to ensure that the hyperechoic foci detected at one week post-injury were 
HO rather than simple pockets of edema, we compared the findings of SUSI using two different 
injury models. Animals underwent either burn/tenotomy (n=5) or burn with skin incision without 
tenotomy (n=5). This skin incision model results in the presence of edema without HO, and can 
thus be used to define the ability of SUSI to distinguish between HO and edema at early time 
points. SUSI was performed at one week post-injury. For animals treated with skin incision only, 
mice were anesthetized, shaved, and pre-treated with buprenorphine as above. A scissors was used 
to make a small skin incision at the site of the Achilles’ tendon, but the tendon itself was not 
divided. The skin incision was closed with a 4-0 vicryl suture. 
2.2.2 Ultrasound Imaging and Data Acquisition 
Mice were placed on examination stage and anesthetized with 2% isoflurane in oxygen 
during ultrasound imaging. Animals were placed on the examination stage with similar orientation, 
and the skin surface was brought to the focus of the ultrasound probe to optimize the imaging 
quality. Excessive hair surrounding the heel was removed and ultrasound gel was applied on the 
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skin at the site as a coupling agent. Imaging was performed with a high-resolution small animal 
ultrasound imaging unit, Vevo 770 System (Visualsonics, Toronto, Canada) and a 55-MHz center 
frequency single element transducer (Vevo 708 scan head; 20-75 MHz -6 dB bandwidth; 30 µm 
axial resolution; 70 µm lateral resolution; 4.5 mm focal distance; 1.5 mm -6 dB focal depth; 100% 
transmit power). Both heels of each mouse were imaged with B-mode, 3D scan mode, and 
radiofrequency mode to acquire backscattered ultrasound signals for SUSI processing. Cross-
section images were obtained under B-mode. A 6 mm range around the calcaneus was scanned 
with a step size of 30 µm, and 3D images were reconstructed. Backscattered radio frequency (RF) 
signals were acquired using the RF mode with a 200 µm step size and a 5-millimeter scan range. 
3D scanning was accomplished with an automated scanning motor on the system with a 30 μm 
distance between neighboring frames. This non-invasive imaging procedure requires less than 15 
min for each imaging site. Grayscale images were reconstructed from the radio-frequency signals. 
2.2.3 High Frequency Spectral Ultrasound Analysis 
Grayscale values GS(y, z) and images were computed as previously mentioned.20 Briefly, 
raw backscattered RF data was Hilbert transformed to obtain the complex analytical signal p(y, z). 
Grayscale B-mode images are reconstructed using the logarithm of amplitude envelop the signal. 
Quantitatively, grayscale values (GS) were determined as the mean absolute value of the signal 
over the selected region of interest as: 
𝐺𝑆(𝑦, 𝑧) = log10|𝑝(𝑦, 𝑧)|.   Equation 2-1 
 
Analysis of the ultrasound power spectrum has been discussed and applied for detecting 
mineralization in engineered tissue constructs previously.21 Similar to our previous work on 
detecting mineralization, we were targeting ossification at the early stage, in which the mineral 
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nuclei in the soft tissue didn’t yield multiple backscattering as mature bone and the spherical 
scatterer assumption can be applied to yield a first-order approximation. The power spectrum of 
each RF scan line in an image was calculated by taking the Fast Fourier Transform of the segment 
of signals gated by a hamming window of 0.2 μs sliding with a 0.1 us offset. To remove system-
dependence, the power spectrum of the gated signals was calibrated by dividing it by a calibration 
power spectrum, which was obtained from a perfect reflector (oil-water interface). Spectral 
parameters slope (m) and mid-band fit (MBF) were determined by using linear regression to the 
calibrated power spectrum within a -9 dB bandwidth. Microstructural parameters such as the 
acoustic scatterer diameter, 𝑎, which represents an effective size of the acoustic scatters in tissue, 
can be assessed from the spectral parameters including the slope m,  the geometry index (n), the 
center frequency of the imaging transducer (fc), and bandwidth of the transducer (b), and is given 
by: 
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Acoustic concentration, which is denoted as CQ2, a product of scatter concentration and 
the square of the acoustic impedance of the scatters, depends on MBF, scatterer diameter (a) and 
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The average scatterer diameter (ASD) and average acoustic concentration (AAC) is 
calculated as the average value of the scatterer size (a), and the acoustic concentration(𝐶𝑄2) 
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respectively in the chosen region of interest (ROI). Due to the large span of the 𝐶𝑄2 values, AAC 
values are represented in decible scale22. The values of the scatterer diameter and the acoustic 
concentration were assigned to each pixel in the selected ROI and overlaid on the grayscale image 
to create parametric images representing these parameters.  
2.2.4 Micro-Computed Tomography 
Micro CT was performed at each time point at which SUSI was performed GE Healthcare 
Biosciences, using 80 kVp, 80 mA, and 1,100 ms exposure). The anatomic and spatial orientation 
of HO was characterized using a calibrated imaging protocol as previously described. Three-
dimensional reconstructions were performed at a threshold of 800 Houndsfield Units using 
anatomic landmarks and observer identification to quantify and define the original cortical bone 
structures. This defined bone mineral within the soft tissues was quantified as HO.23 
2.2.5 Histology Staining and Image Acquisition 
Animals in each respective experimental arm were euthanized following the conclusion of 
sonographic and radiographic assays. Harvested hind limbs were fixed in 10% formalin for 24 
hours at 4°C. Specimens were subsequently decalcified using 4% EDTA for 3 weeks at 4°C, 
paraffin processed, and cut in 5μm transversely oriented sections. Specimens were then 
deparaffinized, rehydrated, and stained using H&E and Movat’s Pentachrome formulations. 
Stained slides were imaged using an Olympus Bx-51 microscope equipped with an Olympus DP-





2.2.6 Statistical Test  
ROIs in at least 5 frames from each limb were identified using grayscale images and 
quantified with GS value and spectral parameters. Results were presented as mean ± SEM. 
Statistical comparisons of parameters between groups and time points were made using Student's 
t-test for paired samples and the differences were considered significant at a level of p<0.05. In 
our initial pilot study, the average acoustic concentration (AAC; (dB[mm-3]) of HO was 37.82 ± 
2.41 and 29.34 ± 3.81 for control samples. To be able to detect a true difference between these 
groups with 80 percent certainty using an alpha of .05, at least 4 mice per group are necessary to 
ensure adequate power. Therefore, five mice per group were included in the subsequent analysis 
groups.  
2.3 Results  
2.3.1 The Mineral Density of Post-Traumatic HO Foci at Early Time Points Indicates a 
Composition between Cartilage and Bone 
To assess the ability of SUSI to distinguish between various musculoskeletal tissue types, 
samples of bone, cartilage, tendon, and muscle were imaged ex vivo (Figure 2-1). Clear 
distinctions between these tissue types were observed with SUSI (Figure 2-1A). Bone was the 
most echogenic, with the highest grayscale values (GS), and was also associated with the high 
acoustic concentration (AAC: 86.3±1.02, 79.2±1.4, 76.8±1.22 dB[mm-3] for femur, calcaneus, and 
tibia respectively). Fibrocartilage was less echogenic than bone with a lower AAC (49.2±1.34 
dB[mm-3] ), but was more mineralized than soft tissues such as tendon (39.7±0.4 dB[mm-3]) and 
muscle (30.2±1.34 dB[mm-3]) (Figure 2-1B). In particular, HO has a higher AAC and ASD than 
cartilage, but less than bone. This indicates the HO development at week 1 is at a level of 
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mineralization between the calcaneus and the cartilage. These findings are consistent with 
histology demonstrating the progression of HO in previous studies.25, 24 Interestingly, although the 
grayscale values for all tissue types are similar except muscle, the AAC values exhibited much 
more differences (Figure 2-1B and C). In addition, while the ASD values may be similar (Figure 
2-1C), the tissue types can be easily differentiated by the AAC values, indicating that SUSI is 
sensitive in detecting the tissue types based on tissue composition. Importantly, SUSI revealed 
tissue specific signatures of these samples (Figure 2-1C) based on both ACC and ASD values, 
with larger scatter size and higher concentration for more mineralized tissues such as bone. 
 
 
Figure 2-1. Characterization of different types of musculoskeletal tissue by SUSI. A. Grayscale images of 
calcaneus, cartilage, muscle and tendon overlaid with acoustic concentration values (scale bar: 1 mm). B. 
Table summarizes the mean ± SEM of grayscale intensity, average scatterer diameter (ASD) and average 
acoustic concentration (AAC) of various musculoskeletal tissue types (n ≥ 3). Heterotopic ossification at 
1 week post injury shows AAC values between cartilage and calcaneus, indicating a mineralization level 
between the two. C. Scatter plot of the ASD and AAC values of various tissue types. Different tissue 
types can be differentiated by the AAC values.    
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2.3.2 SUSI Differentiates between Post-Traumatic HO in the Injury Model versus Edema in 
the Skin Incision Model 
 
Injured and sham-treated animals were imaged at one-week post-injury to test whether that 
SUSI was able to distinguish between edema and HO at very early time points during which time 
these two structures may be mistaken for one another on imaging. Reconstructed grayscale images 
from the RF data for the two HO models are presented in Figure 2-2A and Figure 2-2B. 
Differences in the two models were also revealed in the parametric images (Figure 2-2A and B). 
The quantitative results show significantly higher grayscale value, ASD and AAC value in the HO 
foci (GS: 42.9±1.6, ASD: 29.2±0.8 µm, AAC: 63.2±2.8 dB[mm-3], n = 5) relative to the 
 
Figure 2-2. SUSI comparison of the skin incision (SI) model and the burn/tenotomy model at 1 week post 
injury. A. As shown in the grayscale image, animal underwent burn and skin incision with tenotomy 
developed edema (green box) without formation of ectopic bone (scale bar: 1 mm). Low values of AAC 
are shown in the edema region. B. In animals underwent burn and tenotomy, both edema (green box) and 
HO (red ROI) formed in the space between bone (blue box) and skin. The HO foci exhibited AAC and 
ASD values between bone and edema. C. Scatter plot of ASD and AAC values of edema in skin incision 
model, edema, HO and calcaneus in B/T model (n = 5). D-F. Bar plots of grayscale intensity, ASD and 
AAC values in the skin incision edema, B/T edema, HO and Calcaneus foci. Edema in both models 
showed similar ASD and AAC. HO foci showed ASD and AAC values in between edema and bone. 
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surrounding edema (GS: 28.7±0.7, ASD: 26.4±0.3 µm, AAC: 37.2±1.5 dB[mm-3], n = 5) in the 
B/T model. The calcaneus has the highest value in all three parameters (GS: 50.9±2.0, ASD: 
31.5±0.7 µm, AAC: 79.2±1.4 dB[mm-3], n = 5). In the skin incision only model, no ROI with high 
AAC/ASD values were detected. The edema region in the sham-treated limb show similar 
grayscale, ASD and AAC value as the edema in the injured limb (GS: 28.3±0.6, ASD: 26.8±0.3 
µm, AAC: 39.9±0.5 dB[mm-3], n = 3). As shown clearly in the SUSI signature (Figure 2-2C), our 
results comparing the burn/tenotomy limb with the skin incision limb demonstrate that SUSI is 
able to accurately distinguish between two different injury models. Notably, this technology both 
qualitatively and quantitatively differentiates between edema and HO as early as one week post-
injury (Figure 2-2).  
2.3.3 SUSI Visualizes post-traumatic HO foci as Early as One Week after Injury and 
Demonstrate Progression to Mature over Time 
We performed serial imaging at 1, 2, 4, and 9 weeks to demonstrate consistency and 
accuracy of SUSI over time in terms of the ability to identify HO.  
As shown in Figure 2-3, in the control limb (right limb), both skin and calcaneus maintain 
a high level of ASD and ACC consistently over time. Connective tissue next to the calcaneus is 
less echogenic, and has a lower ASD (27.1±0.7 µm) and AAC (47.4±1.7 dB[mm-3]) values in the 
region. No hyperechoic foci are seen at any time points in the uninjured model. However, on the 
injured side, parametric images demonstrate that the HO foci are present as early as one week after 
injury, and have much higher ACC and larger ASD compared to the surrounding edema, The AAC 
value for the HO foci increases from 63.2±2.8 to 67.7±1.3 dB[mm-3] from week 1 to week 9, while 
the surrounding edema has an AAC value of 37.2±1.5 and 40.5±1.8 dB[mm-3] at week 1 and week 
9. This indicates that HO on SUSI is consistently different from edema longitudinally at all time-
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points. Moreover, while the grayscale values are different between the control and HO model at 
week 9, only the SUSI ACC values are distinct for the control and HO model as early as week 1. 
Furthermore, the HO foci at week 9 have slightly higher acoustic concentration compared to earlier 
time points, demonstrating greater mineralization of these tissues with time. 
 
In addition, compared to the calcaneus (AAC value of 79.2±1.4 dB[mm-3] at week 1, the HO foci 
have slightly lower acoustic concentration indicating a less dense mineral density in the HO foci. 
The progression of HO over time is clearly evident qualitatively based on the evolution of the 
 
Figure 2-3. SUSI monitors longitudinal tissue development in the uninjured and B/T limb at 1, 2, 4 and 9 
weeks post injury. A. In the uninjured limb at all four time points, no edema formed and the calcaneus 
(yellow arrow) was located beneath the skin. In the B/T limb, edema formed and its volume gradually 
decreased over time (scale bar: 1 mm). HO (red arrow) can be visualized at 1 week post injury. The AAC-
overlaid images show high intensity at the bone and HO foci. Corresponding H&E and Pentachrome 
staining images confirmed the presence of cartilage deposition and inflammation. B-D.  Mean ± SEM 
(n=5) of grayscale intensity, ASD and AAC values are shown for the connective tissue region (between 
skin and bone) in the uninjured limb, and the HO foci (yellow arrow) in the B/T limb at week 1, 2, 4 and 
9 post injury. GS, ASD and AAC values of the HO foci are higher than that in the uninjured limb at all 
four time points. 
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hyperechoic foci from weeks 1-9 post-injury (Figure 2-3B-D). Additionally, the presence of 
hyperechoic foci on SUSI correlates with early cartilage deposits and inflammation on histology. 
2.3.4 SUSI Identifies Post-Traumatic HO 3-5 Earlier than Micro-CT and is Consistent with 
Histological Findings  
 
Currently, micro CT serves as the gold standard to detect HO. HO is reliably visualized at 
approximately 4-6 weeks post-injury using micro CT (Figure 2-4). Histologically, HO begins as 
small inflammatory infiltrates which subsequently coalesce into uncalcified regions at 1 week, and 
transition to calcified and uncalcified fibrocartilage islands approximately 3 weeks after the injury. 
 
Figure 2-4. Concurrent SUSI and micro CT of the uninjured and B/T limbs at 1, 2, 4, and 9 weeks post 
injury. A. 3D rendered ultrasound images of the uninjured limbs and the B/T limbs (scale bar: 1 mm). 
Inflammation and HO formation in the B/T were reflected by the tissue volume increase compared to the 
uninjured limb. B. HO was visualized under micro CT 4 weeks post injury. Blue areas shows the newly 
formed ectopic bone. C. Mean ± SEM (n=5) of the volume of ectopic bone measured with reconstructed 
micro CT. Graphic comparison of HO development  at 1 week (0.01 ± 0.00 mm3, n=6), 2 weeks (2.29 ± 
0.31 mm3, n=3), 4 weeks (0.79 ± 0.26 mm3, n=4), and 9 weeks post-injury (6.64 ± 2.07, n=5). Difference 
in detectable HO volume at 4 v. 9 weeks is statistically significant (p=0.0465, two-sided student’s t-test). 
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Approximately 4-6 weeks after the initial injury, these networks of cartilage become bone through 
the process of endochondral ossification. Using SUSI, we were able to visualize ectopic bone 
within the calcaneal region of each mouse as early as one week after injury (Figure 2-4A). The 
findings of SUSI at early time points and late time points correlated with the presence of HO on 
histology at all time-points and on micro CT at 9 weeks (Figure 2-4B and C). Given the known 
progression of HO from an inflammatory lesion at 1-2 weeks, to cartilage at 3 weeks, and finally 
HO after 6 weeks, it is likely that SUSI captures the inflammatory foci that ultimately progress to 
cartilage and bone at later time points. None of the control limbs demonstrated these inflammatory 
infiltrates or HO according to micro CT or SUSI (Figure 2-4). 3D reconstructions performed on 
SUSI demonstrate that HO can be visualized 3-5 weeks earlier than on micro CT. 
2.4 Discussion 
Timely initiation of early medical management strategies against HO remain ineffective 
due to a lack of diagnostic strategies available to accurately detect and visualize HO within 1-2 
weeks of injury. In this study, we validate the use of SUSI for the early detection of HO within 
one week of inciting injury using two animal models. When compared to more traditional 
modalities of imaging including micro CT, SUSI visualized and quantified the presence of HO 
five weeks earlier, consistent with the formation of HO as visualized by histology. The system and 
operator independent nature and quantitative output of SUSI simplify its use and allows for 
providers with varying degrees of training to benefit equally from such advancements. As such, 
based on the result of our in vivo testing, we believe that SUSI represents a promising tool to enable 
the early detection of HO. Earlier detection may enable the initiation of early pharmacologic 
treatment among high-risk patients to mitigate the need for surgery. Specifically, we foresee this 
technology being used in burn patients who develop HO in the elbow >90% of the time.  Future 
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studies to validate this technology in deeper tissue forms of HO such as hip replacement are 
needed. To achieve more penetration depth, ultrasound probe with lower center frequency can be 
used with the cost in imaging resolution, yet the power spectral analysis has been validated with 
ultrasound center frequency as low as 5 MHz.17  
Traditional ultrasound imaging alone has been validated as a screening tool to detect 
ectopic bone among patients with neurogenic HO. For example, Falsetti et al. stated that bedside 
ultrasound is a safe, non-invasive, cost-effective screening tool important for screening patients 
with acquired forms of brain injury.26 Importantly, however, one of the main limitations of this 
study is the lack of generalizability, as one operator performed all measurements in this study 
precluding the assessment of inter-operator reliability. In this regard, SUSI represents an 
improvement beyond traditional ultrasound techniques because SUSI obtains parameters from 
calibrated spectrum which are objective and quantitative; as these parameters are related to the 
intrinsic properties of tissues, SUSI allows for greater utility and without the need to rely on 
subjective graphic assessments. Specifically, SUSI provides parameters that represent tissue 
properties beyond grayscale imaging intensity. As shown in this study, the utility of SUSI is also 
demonstrated by its ability to perform comprehensive, objective visualizations of microstructural 
tissue properties to a much greater degree than conventional ultrasound.27-31 Such objectivity 
enhances the application and utility of this technology into clinical environments that are currently 
founded upon principles of clinical judgement and experience. With regards to patients at high risk 
for HO specifically after burns and blast injuries, targeted forms of screening may be instituted to 
promote early detection given that the most common sites of HO have been clearly defined in the 
past. By implementing standardized imaging procedures at these sites specifically, it may be 
possible to diagnosis HO earlier than current imaging modalities permit. This process may also be 
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broadened to include imaging for symptomatic regions in patients who present with signs 
concerning for the development of HO. 
Conventional B-mode grayscale values are not absolute and dependent on imaging settings 
and specific systems and interpretation of these images are not absolute and unable to compare 
with different studies. Therefore, such qualitative results are inevitably subjected to operator 
variation. SUSI offers a quantitative method that is system- and operator independent because it 
uses acoustic scatterer diameter (ASD) and acoustic concentration (AAC) extracted from the 
backscattered signals to distinguish tissue changes within the region of interest of the injured and 
control limbs as early as possible for HO diagnosis. 
While there are limitations to consider, the strength of our findings lies in the identification 
of a non-invasive technology that detects the presence of HO much earlier than traditional, gold 
standard modalities commonly used today. Our study is limited by the restrictions imposed on the 
serial imaging of animals within our institution. To address this, we performed both longitudinal 
and individual time point analyses to ensure that we were performing serial evaluations from 
multiple perspectives using both SUSI and micro CT. Consequently, our results demonstrate that 
SUSI correlated with micro CT at both final and early time points. Additionally, the overall 
generalizability of our findings can be enhanced by validating the use of SUSI in other 
musculoskeletal pathologies as well. The theoretical model we applied herein involves assumption 
of spherical scatterers, which may not be optimal for some tissue types. Nevertheless, this model 
provides a first order approximation of more complex scatterer geometry. In addition, the spherical 
sphere assumption provides an effective radius that can be used to describe any given scatterer. 
For future work, other theoretical models of various scatterer geometry and dimension, will be 
investigated.32, 33 Despite these limitations, the use of SUSI to detect early post-traumatic HO is 
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significant. SUSI represents an effective, non-invasive, potentially cost-effective diagnostic 
strategy that can facilitate the early diagnosis of HO.  
2.5 Conclusion 
In this study, we demonstrate the utility of SUSI in detecting post-traumatic HO as early 
as one week post-injury in two models. Application of this technology will facilitate the prompt 
diagnosis of HO based on both quantitative and objective data. Early diagnosis may allow for 
timely initiation of treatments that may negate the need for surgical intervention in the future. 
Using quantitative metrics and advanced, yet noninvasive imaging strategies, SUSI represents an 
important technological advancement for its application to visualizing ectopic bone formation. 
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Chapter 3 Development of Multimode Ultrasound Viscoelastography (MUVE) System 
*Chapter 3, Copyright © 2018 Elsevier B.V. or its licensors or distributors 
3.1 Introduction  
The importance of mechanical cues in the extracellular environment in directing cell 
behavior has been demonstrated conclusively over the past decade [1-3]. Mechanical signals 
combine with other cues, including soluble biochemical factors and cell-cell and cell-matrix 
adhesions, to regulate many important developmental, physiological, and pathological processes 
[4]. The realization that mechanical factors must be considered when seeking to understand cell 
function has led to an increasing interest in the field of mechanobiology, with an emphasis on 
determining how changes in matrix mechanical properties affect cell phenotype. However, the 
molecular mechanisms underlying mechanotransduction are not fully understood, in part because 
of the difficulty in robustly characterizing the mechanical behavior of biomaterials at the 
microscale.  
Tissue engineering generally aims to enhance tissue regeneration through the use of cells 
and biomaterial scaffolds designed to mimic the properties of the extracellular matrix (ECM). It is 
well established that scaffold materials play a critical role in cell attachment, proliferation, and 
differentiation, and that their mechanical properties have significant effects on cell behavior [5]. 
Hydrogels are often used as scaffold materials because of their similarity to the ECM, cell 
compatibility, and ease of fabrication. These materials consist of water-swollen networks of cross-
linked hydrophilic polymer chains derived from either natural, synthetic or hybrid materials [6], 
 56 
and have been used as biomimetic materials for skin [7], corneal [8, 9], cartilage [10, 11], and 
vascular [12] tissue engineering. Hydrogels have also been used to study cell-matrix interactions, 
including response to mechanical cues [13]. A key attribute of many hydrogel biomaterials is their 
viscoelastic nature [14], which mimics tissue behavior and has recently been shown to be important 
to the cellular response [15, 16]. Therefore, tuning and characterizing hydrogel mechanical 
properties are important when creating and maintaining engineered tissues. However, current 
methods for assessing material mechanical properties are generally limited by the need for invasive 
specimen preparation, difficulties in applying to soft and cell-seeded biomaterials, and the 
destructive nature of testing that precludes longitudinal studies. 
Commonly used methods for measuring the mechanical properties of hydrogel 
biomaterials include uniaxial tensile testing [17], compression testing [18], and shear rheology[19, 
20]. In addition, more specialized testing using micro- and nano-indentation [21, 22], bulge tests 
[23], magnetic force methods [24], and other contact-based approaches have been used to 
characterize the properties of hydrogel materials [25]. These conventional mechanical testing 
techniques typically deform a sample by stretching or compression applied directly to the sample 
by means of grips, platens or other physical fixtures [18, 25]. Bulk material properties and stress-
strain relationships can be generated to provide more insight into the material behavior, and time-
dependent tests can be used to characterize basic viscoelastic properties. However, it is difficult to 
directly compare measurements obtained from different types of tests because the loading mode is 
different. For example, shear rheometry relies on tangential shear applied at the material surface 
(usually in torsion), whereas creep testing uses compression (or tension) to apply a force normal 
to the surface of the material. The values for the elastic and viscous components derived from these 
two orthogonal loading modes in soft materials are quite different. In addition, conventional 
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approaches generally require physical contact with the samples, and are unable to determine 
internal strain distributions or spatial variation of the mechanical properties in materials. 
Ultrasound techniques have the potential for non-invasive material characterization, 
because of their capability to penetrate and interact with cells and tissues at depth (recently 
reviewed in [26]. Ultrasound elastography [27] has been developed to detect tumors [28-30] by 
using ultrasound-generated images before and after tissue compression to derive information about 
sample stiffness [31, 32]. In particular, acoustic radiation force (ARF) elasticity imaging 
techniques, such as acoustic radiation force impulse (ARFI) imaging [33, 34], use the force 
associated with an ultrasound field to generate deformation within a body of material in a non-
contact fashion [35, 36]. While ultrasound elastography detects relative spatial variation of tissue 
stiffness, such as those caused by tumors, it does not generally provide a direct assessment of 
absolute material parameters or tissue viscoelastic properties. 
An ultrasound technique called sonorheometry developed by Walker et al. [37]] for 
assessing blood coagulation [38, 39] uses multiple ultrasound pulses to apply ARF to a sample, 
and measures the sample displacement over time. Relative elasticity and viscosity of the sample 
were derived by fitting the time-displacement curve with a Voigt model. Mauldin at el. [40] used 
a similar approach called monitored steady-state excitation and recovery (MSSER) to obtain 
displacement data before and after ARF application. These studies focused on non-invasively 
determining the relative mechanical properties of inclusions in tissues at depth. However, they 
worked solely with bulk displacements and did not provide information on microscale mechanical 
properties. In addition, these ARF-based techniques used the same ultrasound system for both 
force application and detection of displacement. While convenient, this configuration makes it 
difficult to generate the high intensity ultrasound pulses needed to generate sufficient ARF for 
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tissue compression. Therefore, for maximum performance, it is preferable to have separate 
deforming and imaging beams to optimize the characteristics of each type of ultrasound beam. 
The goal of the present study was to demonstrate a versatile technique capable of non-
invasive characterization of the viscoelastic properties of hydrogel biomaterials both in the bulk 
phase and at the microscale. We developed a dual-mode ultrasound elasticity (DUE) technique 
that uses focused ultrasound (FUS) pulses to induce compression in samples in conjunction with 
a co-linearly aligned high frequency ultrasound imaging system to detect sample deformation as a 
function of time and location at high resolution. The use of separate transducers for compression 
and detection provides the design flexibility to control loading conditions. We applied the DUE 
technique to representative hydrogel constructs to investigate the effects of biomaterial 
composition on viscoelastic properties, and to characterize the spatial variation of properties 
through the depth of these materials. Creep tests were performed by applying a constant load for a 
defined period of time and characterizing the compression and subsequent relaxation of hydrogel 
samples. Burger’s viscoelastic model was applied to generate quantitative parameters that 
described the viscoelastic behavior. This study shows how DUE can be used to non-invasively 
characterize hydrogel materials, and how the spatial variation in mechanical and viscoelastic 
properties can be mapped using this technique. Such high resolution spatial information is 
expected to facilitate our elucidation of the principles of mechanobiology, and will aid in designing 





3.2 Materials and Methods 
3.2.1 Preparation of hydrogel constructs 
Four types of hydrogel constructs were tested: hydroxyapatite (HA)-doped agarose 
constructs (10.0 mg/ml), HA-doped collagen constructs (2.0 mg/ml and 5.0 mg/ml), HA-doped 
fibrin constructs (2.0, 4.0, 8.0, 10.0 and 12.0 mg/ml), and cell-seeded collagen constructs (collagen 
concentration 2.0 mg/ml) on day 1 and day 5. In acellular constructs, hydroxyapatite served as a 
scatterer that produced ultrasound signals, while in cell-seeded constructs the cellular component 
served as the scatterer. HA has been used as an additive in a variety of hydrogel biomaterials, for 
example to potentiate bone formation and to facilitate endothelial network formation [41].  
Agarose solution (1.0% w/v) was prepared by dissolving agarose powder (Sigma Aldrich, 
St. Louis, MO) in distilled water via heating and stirring. Nano-grade hydroxyapatite (HA) (Sigma 
Aldrich) suspended in Dulbecco’s modified Eagle’s medium-low glucose (DMEM; Life 
Technologies, Grand Island, NY) was prepared at 200 mg/ml and placed in a sonication water bath 
for 1 h to disrupt aggregates [42]. Nano-HA stock solution was added to the agarose solution to 
obtain a final HA concentration of 10.0 mg/ml. The mixture was degassed and 250 µL was injected 
into a 48-well plate and allowed to gel at 4°C for 30 min. 
HA-doped collagen hydrogels of 2.0 mg/ml and 5.0 mg/ml were generated as previously 
described [43], with some modifications. Briefly, collagen type I (MP Biomedicals, Solon, OH) 
was dissolved at 4.0 mg/ml (for 2.0 mg/ml collagen hydrogel) or 10.0 mg/ml (for 5.0 mg/ml 
collagen hydrogel) in 0.02 N acetic acid and stirred overnight. HA-doped collagen hydrogels were 
generated by mixing 50% collagen type I, 20% 5X-concentrated Dulbecco’s modified Eagle’s 
medium (5X-DMEM; Invitrogen, Carlsbad, CA), 10% fetal bovine serum (FBS; Invitrogen), 5% 
DMEM, 5% 200 mg/ml nano-HA stock solution, and 10% 0.1 N NaOH (Sigma Aldrich). This 
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mixture (250 µL) was then injected into a 48-well plate and allowed to gel at 37ºC for 30 min. 
HA-collagen composites were 10 mm in diameter and 2-3 mm in thickness after fabrication and 
their dimensions remained stable over time. 
HA-doped fibrin hydrogels of 2.0, 4.0, 8.0, 10.0 and 12.0 mg/ml fibrin were prepared by 
adding nano-HA solution to a fibrin gel mixture as previously described [43]. Fibrinogen was 
prepared by dissolving the appropriate amount of bovine fibrinogen (Sigma Aldrich) in DMEM to 
reach the desired final concentration. HA-fibrin hydrogels were generated by mixing 83% 
fibrinogen stock solution, 10% FBS, 5% of 200 mg/ml nano-HA stock solution, and 2% 50 UT/mL 
thrombin (Sigma Aldrich). This mixture (250 µL) was injected into a 48-well plate and allowed to 
gel at 37ºC for 25 min. HA-fibrin composites were 10 mm in diameter and 2-3 mm in thickness 
after fabrication and their dimensions remained stable over time. 
Mouse pre-osteoblast (MC3T3-E1) cells were cultured in α-MEM (Life Technologies) 
without ascorbic acid but supplemented with 10% FBS and 1% penicillin and streptomycin (PS; 
Life Technologies), and encapsulated in collagen hydrogels at passage 9 at a concentration of 
1.0x106 cells/mL. Cellular constructs were prepared by mixing 50% collagen type I (4.0 mg/ml), 
20% 5X-DMEM, 10% FBS, 10% cell suspension in DMEM, and 10% 0.1 N NaOH. This mixture 
(250 µL) resulted in a collagen concentration of 2.0 mg/ml, which was then injected into a 48-well 
plate and allowed to gel at 37ºC for 30 min. Cell-seeded constructs were cultured in α-MEM 
supplemented with FBS and PS for a period of five days. Cellular constructs were ~8 mm in 
diameter and 2 mm in thickness at day 1, and compacted over time due to cell-mediated 
compaction to ~5 mm in diameter and 1 mm in thickness at day 5. 
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3.2.2 MUVE Technique for Characterizing Hydrogel Mechanical Properties  
 
Experimental Setup – The DUE imaging setup (Figure 3-1A) consisted of a 2 MHz FUS 
transducer with an annular aperture (H148; Sonic Concepts, Woodinville, WA) and an ultrasound 
imaging system with a 10 MHz transducer (Olympus, Waltham, MA; focal distance at 55 mm, - 6 
dB beam width of 1 mm). The imaging transducer was placed in the annular space of the FUS 
transducer and collinearly aligned. The FUS transducer was driven by a signal generator (33220A; 
Agilent, Santa Clara, CA) and a power amplifier (75A250; Amplifier Research, Souderton, PA), 
and was calibrated using a hydrophone (HNR-0500; Onda, Sunnyvale, CA) to map the 3D beam 
profile in free field. In experiments, a construct was placed in an excavation within a 2% w/v agar 
gel mold that supported the construct and reduced reflections from boundaries. The FUS focal 
 
Figure 3-1. (A) Experimental setup of dual mode elastography (DUE), which combines high frequency 
focused ultrasound (HIFU) with high resolution imaging to mechanically characterize hydrogel materials 
(not to scale). (B) Cross-section of an acoustic radiation force (ARF) cylinder in a sample caused by 
focusing of the ultrasound beam. (C) Pulse scheme for FUS pushing and imaging pulses during DUE 
deformation and detection. (D) Representative grayscale M-mode image showing the scatter distribution 
before (phase I), during (phase II), and after (phase III) compression. 
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point was positioned on the top surface of the construct. In this configuration, the FUS applied an 
ARF to induce compression within a specific volume determined by the FUS beam profile and 
referred to as the ARF cylinder, (Figure 3-1B). 
Ultrasound Application and Data Acquisition – Experiments were conducted using the 
four types of constructs described above. For each construct, 3D imaging was performed using a 
VEVO 770 imaging system (VisualSonics Inc., Toronto, Canada) to assess construct morphology 
and volume. The volume of the construct was determined by integrating the area of cross-sections 
obtained from 3D image data with 0.2 mm step size using a semi-automated algorithm from the 
VEVO 770 system. The absorption coefficient and acoustic speed of the constructs were 
determined from imaging an agar gel pad with and without the construct and comparing the 
spectral magnitude and travel time to the agar gel pad under both conditions, as described in our 
previous work [41]. 
In this study, the DUE technique was tested with ultrasound imaging operated in M-mode 
at four discrete lateral locations in each construct, although the technique can be easily expanded 
to fully 3D measurements by performing testing covering the entire construct. At each location, 
A-line pulse-echo signals were acquired before, during, and after FUS compression and stored for 
off-line analysis. As illustrated in Figure 3-1C, pulse-echo imaging was performed at a 1 Hz pulse 
repetition frequency (PRF) via a pulser-receiver (5900 PR; Olympus) for 20 s to acquire base-line 
signals before FUS compression. A series of FUS pulses (1 Hz PRF, pulse duration 0.99 s or duty 
cycle 99%) were then applied to the construct for a total of 180 s. During FUS application, 
ultrasound imaging pulses (PRF 1 Hz, pulse duration 0.4 µs or duty cycle 0.00004%) were applied 
to detect FUS-induced deformation in the construct. The imaging pulses were interleaved with the 
FUS pulses to allow acquisition of backscattered radio frequency (RF) signals without 
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interference. At the end of FUS application, imaging was again performed and backscattered RF 
signals were acquired for 150 s at a PRF of 50 Hz. Synchronization of the FUS pulses and imaging 
pulses was accomplished using a pulse/delay generator (Model 565; BNC, San Rafael, CA) and 
two waveform generators (33220A; Agilent, Santa Clara, CA). Backscattered RF signals received 
by the imaging transducer were recorded at 250 million sample/s and stored on a digital 
oscilloscope (54380B, Agilent, Santa Clara, CA). Figure 3-1D shows an example of an M-mode 
image generated by the imaging transducer, showing a hydrogel before (section I), during (section 
II), and after (section III) application of the compressive ultrasound pressure.  
Characterization of the FUS transducer was performed to determine the ultrasound beam 
profile in the sagittal and transverse planes (Figure 3-2A and B). The compressive beam measured 
in free field in this study was axis symmetric, with a 6-dB axial beam depth of 8.0 mm (Figure 




Figure 3-2. Acoustic pressure profile (in dB) for the FUS transducer in (A) 2D sagittal plane, (B) 2D 
transverse plane, (C) 1D axial direction, and (D) 1D lateral direction. 
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Generation of Stress and Detection of Strain in Hydrogels using DUE – The principle of 
DUE is to apply FUS pulses to generate deformation in the construct via the associated ARF, 
which is caused by momentum transfer from a propagating ultrasound wave to the medium [35]. 
The ARF is a body force that is generated within a sample [44], offering the possibility of “remote 
palpation” without direct surface contact. The ARF is dependent on the spatial distribution of the 
ultrasound intensity and the degree of acoustic attenuation in the sample [45]. A high duty cycle 
(99%) was chosen for the FUS pulses to generate an essentially constant compression load to the 
sample, while allowing interleaving with ultrasound imaging for detection of deformation during 
ARF application.   
The lateral beam width of the axial symmetric FUS field (e.g. ~ 1.5 mm) generates 
deformation mostly concentrated within a narrow cylinder of material along the direction of the 
FUS beam, which we refer to as the ARF cylinder. The cross sectional area of the ARF cylinder 
is determined by the lateral energy distribution of the FUS field.  The material within the ARF 
cylinder sustains the most deformation and strain, and the co-linearly aligned high frequency 
ultrasound imaging system, which also has a narrow lateral beam profile, detects the FUS induced 
strain within the ARF cylinder as a function of depth and time. Laterally, the detected strain is the 
average strain over the cross sectional area of the imaging beam. 
3.2.3 Data Analysis and Model Fitting 
M-mode Image, Local Displacement, and Displacement Color Maps – M-mode images 
were generated from the series of A-line RF signals obtained at a given location at different times 
after applying the Hilbert transform to the signals [46] (e.g. Figure 3-1D). A section of RF signals 
in the image represents the material element at that location. For each A-line, displacement at 
different depths was determined from the temporal shift of the corresponding RF signal segment 
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from pre-compression using a two-step cross-correlation algorithm [47]. A ten-wavelength 
window surrounding a specific location was first used to obtain a coarse estimation of 
displacement at this location. The coarse estimation was then interpolated, and a single wavelength 
window was applied to obtain the displacement from base-line, defined as the average value of 
pre-compression locations. Displacement color maps were generated by color-coding the 
displacement value at each pixel location.  
Bulk Strain and Segment Strain – The positions of the top and bottom surfaces of an ARF 
cylinder in the construct being tested were determined directly from the backscattered RF signals 
acquired at this location. Change in thickness ( l ) of the ARF cylinder, was calculated as the 
difference between the displacement at the top surface ( td ) and the bottom surface ( bd ) of the 
ARF cylinder. We define the bulk strain, b , as the ratio of l  over the original ARF cylinder 









 .  (1) 
To assess spatial distribution of the strain in the construct, an ARF cylinder was divided 
into N axial segments of equal length ( 0sl ) to represent local strains. The segment strain, is , was 
defined as the ratio of the change in length of a segment ( il ), which is computed as the difference 
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To relate local strain to bulk strain, the ratio of each segment strain over the bulk strain was 
computed. The contribution of each segment strain to the overall bulk strain could then be 
computed to examine heterogeneity within the sample volume, and to determine the effect of 
segment size on this heterogeneity. 
Maximum Strain, Residual Strain, Creep and Recovery Time Constants – The maximum 
strain was defined as the highest value of strain achieved during FUS application. The residual 
strain was defined as the steady-state strain after the end of FUS application. The creep and 
recovery time constants were obtained by fitting the deformation data over time with exponential 
functions. These parameters provided a versatile means for characterizing the viscoelastic strains 
without assuming a specific model of the material being tested. 
 
Burger’s Viscoelastic Model – Burger’s viscoelastic model [48] (Figure 3-3) combines a 
Maxwell model (a spring and a dashpot in series) and a Voigt model (a spring in parallel with a 
dashpot). The parameters 1R  and 2R  represent elastic properties (or modulus) of the Maxwell 
 
Figure 3-3. Schematic of Burger's model of viscoelastic solids 
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model and Voigt model respectively, while 1  and 2 are associated with the viscosity of the 
materials [49].  
Under a constant stress 0  from t = 0 to t = ct , the material sustains a strain response 































  ,  (4) 
which includes the elastic strain 10 / R , viscous strain 10 / t , and viscoelastic strain
20 / R  with a viscoelastic creep constant 22 / R [50]. The model parameters 1R , 2R , 1  and 2 can 
be obtained by fitting experimental creep data to equation (4) to characterize the behavior of the 
viscoelastic material. 









































 .  (5) 
Note that equation (5) does not include the instantaneous elastic recovery ( 10 / R ) 
immediately after the removal of the applied stress. Fitting the recovery strain data (t > tc) to 
equation (5) can be performed to estimate 1 , 2R , and 2 , while 1R  can be obtained directly by 
determining the instantaneous elastic recovery of strain. However, to avoid potential large errors 













































 , (6) 
allowing estimation of 1R  by fitting the recovery strain without using the instantaneous recovery 
strain. Fitting the recovery strain to eq. (6) can be performed to estimate 1 , 1R , and 22 / R . 
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Model Fitting: DUE Characterization of Averaged Viscoelastic Properties – Burger’s 
viscoelastic model is a lumped model that uses discrete spring and dashpot elements to 
approximate the behavior of linearly viscoelastic materials. In modeling creep behavior, it assumes 
that the stress is applied as a step function, and is valid for primary and secondary creep behavior, 
but not tertiary creep (i.e. necking, which is not relevant in compression). Although theoretically 
the spatiotemporal evolution of FUS-induced stress and strain in a 3D construct is a distributed 
problem, the DUE technique is compatible with approximation using Burger’s model. Model 
fitting using Burger’s model can be applied to the entire ARF cylinder to obtain averaged material 
properties, such as the bulk strain as defined in eq. (1) and stress applied to the ARF cylinder. The 














 .  (7) 
Thus the averaged viscoelastic property for the ARF cylinder in a construct can be 
characterized by fitting the strain and stress to eqs. (4) and (5) to obtain the relevant Burger’s 
model parameters. 
Because the ARF acts through the sample, the DUE technique can be used to interrogate 
material properties of a specific segment of material (thickness ∆z) at depth z within the sample. 
The segment strain is related to the stress applied to the segment, calculated by volume integration 
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where SFUS(z) is the beam cross sectional area of the axial symmetric FUS beam at depth z. The 
ARF,
3[N/ m ]F depends on the absorption coefficient 
1[m ]  , in situ acoustic intensity  2/' mWI











,  (9) 
where 'I  is approximated by the free field intensity I(r,z) multiplied by the attenuation factor.  
3.2.4 Temperature Measurement during FUS Application  
We used HA-doped collagen constructs (2.0 mg/ml and 5.0 mg/ml collagen) to assess the 
temperature change due to FUS exposure. A sample was placed in a polymer holder with an 
acoustically transparent bottom, with its top surface kept dry (above water/medium). IR thermal 
imaging (Silver SC5600, FLIP, Wilsonville, OR) was used to measure the temperature in the 
construct as described previously [51] using an emissivity of 0.85 for collagen hydrogels [52]. The 
FUS pulses were applied from below with its focus positioned on the upper surface of the sample. 
3.2.5 Statistical Analysis   
Results are presented as mean  standard deviation. Student’s two-tailed t-test for unpaired 
samples was performed to determine differences between groups. Differences were considered 
statistically significant when 0.05p  . 
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3.3 Results and Discussion  
3.3.1 Ultrasound Characterization of Hydrogel Constructs 
 
Shape and volume changes in the constructs were monitored longitudinally after 
fabrication using ultrasound imaging. B-mode images of the hydrogel constructs examined in this 
study (Figure 3-4A) showed that the both the HA added to the hydrogels and the cellular 
component were evenly spatially distributed as acoustic scatterers within the constructs. The table 
in Figure 3-4B shows the calculated volume of each construct type, measured immediately after 
 
Figure 3-4. (A) B-mode images of hydrogel constructs. (B) Volume and attenuation coefficient of 
hydrogel constructs as a function of matrix material and concentration. (C) Acoustic radiation force per 
volume in hydrogel constructs. 
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fabrication for acellular constructs, and on day 1 and day 5 for cellular constructs. All constructs 
were fabricated using the same initial volume of material. The agarose gels and collagen constructs 
had the highest volume, which was similar between the materials. However, fibrin constructs had 
volumes about 15% lower than the other materials. Cell-seeded constructs exhibited an even larger 
volume reduction via cell-mediated compaction over time, and decreased in volume by 35% at 1 
day and 85% after 5 days. These volume reductions resulted in an effective increase in the protein 
concentrations in the respective construct types. For example, for 2.0 mg/ml fibrin constructs, the 
effective bulk concentration after compaction was 2.3 mg/ml. For the more compacted cell-seeded 
constructs (initial collagen concentration 2.0 mg/ml), the effective collagen concentration was 3.1 
mg/ml and 13.2 mg/ml on day 1 and day 5, respectively. An advantage of the non-invasive DUE 
system is that the dynamic remodeling of constructs can be monitored over time. 
Figure 3-4B also lists the acoustic attenuation coefficient of each construct type measured 
at a location near the middle of the hydrogel. The HA-doped collagen and fibrin constructs 
exhibited similar degrees of acoustic attenuation, generally around 0.25 dB/MHz/cm. These values 
were not dependent on protein concentration, suggesting that the HA component was mostly 
responsible for acoustic attenuation. The day 1 cell-seeded collagen samples exhibited a 
significantly lower degree of acoustic attenuation due to the lack of HA in the matrix, however by 
day 5 they were similar to the HA-collagen and HA-fibrin samples. This effect was likely due to 
the high degree of compaction of the cell-seeded constructs over time, resulting in higher effective 
cell and matrix densities and greater acoustic scattering. The attenuation coefficients could be used 
to calculate the axial profile of the ARF associated with the FUS field in each construct tested 
(Figure 3-4C).  
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The temperature in the constructs was monitored during FUS application (Figure 3-5) to 
characterize the degree of ultrasound-induced heating, which could be harmful to engineered 
tissues. The temperature was found to follow a time course (Figure 3-5A) and spatial pattern 
(Figure 3-5B) that would be expected from FUS energy application and subsequent heat 
dissipation. Higher acoustic pressure induced a greater temperature rise (Figure 3-5C), however 
the maximum temperature increase was less than 2 ºC for the FUS parameters used in this study. 
The 5.0 mg/ml collagen constructs exhibited higher temperature increases than the 2.0 mg/ml 
collagen constructs at the same acoustic pressure, since the FUS-induced temperature increase 
depends on the attenuation coefficient and thermal diffusivity [33]. However, in all cases the 
temperature rise was not in the range expected to be harmful to the embedded cellular component. 
 
 
Figure 3-5. (A) Example temperature–time curve of a 5.0 mg/mL HA-doped collagen hydrogel when 
tested at 850 kPa acoustic pressure. (B) Example of temperature maps at selected time points during creep 
testing. (C) Aggregate temperature increase data (n = 4) for 2.0 mg/mL and 5.0 mg/mL HA-collagen 
constructs under acoustic pressure of 550, 700, and 850 kPa with 180 s FUS pulse duration. 
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3.3.2 FUS-Induced Strain in Hydrogel Constructs 
 
Experiments using HA-collagen constructs (2.0 mg/ml or 5.0 mg/ml collagen) were 
conducted to examine the bulk strain response to FUS application at selected acoustic pressures 
(Figure 3-6). The bulk strain of the constructs exhibited characteristic viscoelastic behavior 
(Figure 3-6A and B). The curves showed a step increase in strain upon FUS application (at t = 20 
s) followed by a creep region during which strain increased gradually at constant load until the end 
 
Figure 3-6. Bulk strain curves for (A) 2.0 mg/mL and (B) 5.0 mg/mL HA-doped collagen constructs 
(n = 4). (C) Maximum bulk strain values for the two concentrations under acoustic pressures of 550 kPa, 
700 kPa, and 850 kPa. 
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of the 180 s FUS application (t = 200 s), followed by strain recovery when FUS compression was 
removed. At both collagen concentrations, the different acoustic pressures produced distinct 
curves. The variation in strain values was somewhat larger in 2.0 mg/ml collagen constructs 
subjected to higher FUS acoustic pressure, compared to the 5.0 mg/ml constructs. In both types of 
constructs the maximum strain increased with increasing applied acoustic pressure in an 
approximately linear fashion (Figure 3-6C), and at 700 kPa the collagen concentrations were 
distinguished by a statistical significantly different maximum strain, reflective of the difference in 
material stiffness. 
3.3.3 Spatiotemporal Distribution of FUS-Induced Deformation in Hydrogel Constructs 
Figure 3-7 shows high frequency 3D renderings of the hydrogel construct types (left 
column), along with the corresponding displacement maps (middle column), and graphs of 
displacement at four axial locations within each construct type (right column) generated by DUE. 
The displacement maps express the spatiotemporal evolution of the FUS-induced deformation 
within the samples. The displacements were the largest at the top surface of the construct, 
decreased with increasing depth within the material, and were zero at the bottom of the samples 
because of the fixed boundary. In general, maximum displacements were in the range 10-25 µm, 
depending on the material and location in the construct. HA-doped agarose gels (Figure 3-7A) 
showed displacements that increased rapidly upon application of FUS, and stayed almost constant 
during the period of FUS compression. Similarly, recovery after FUS compression was rapid and 
complete. The rapid step jumps upon application of FUS compression and the lack of significant 
creep are reflective of the essentially elastic nature of these constructs. In contrast, FUS-generated 
displacements in collagen and fibrin constructs exhibited viscoelastic behavior, with a clear creep 
response during FUS compression and after removal of the acoustic pressure (Figure 3-7B-D).  
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The degree of displacement was dependent on the construct composition. Fibrin constructs 
generally exhibited the greatest degree of compression, while cell-seeded constructs at day 1 
 
Figure 3-7. Example of 3D rendered ultrasound images (left column), displacement color maps (center 
column) and displacement at selected depth in the constructs (right column) for (A) HA-doped agarose 
gel, (B) HA-doped collagen constructs (2.0 mg/mL), (C) HA-doped fibrin construct (2.0 mg/mL), and (D) 
cell-seeded collagen construct (day 1). 
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sustained smaller displacements, due to the lower attenuation coefficient (Figure 3-4B) and 
correspondingly lower ARF in these samples (Figure 3-4C). 
3.3.4 Spatiotemporal Distribution of FUS-Induced Strain in Hydrogel Constructs 
The absolute displacement data were converted to strain by normalizing to a dimension in 
the uncompressed state, either of a portion of the thickness of the construct (to calculate segment 
strains) or of the entire construct thickness (to calculate bulk strain). Figure 3-8 shows strain maps 
(left column), three selected segment strains (middle column), and bulk strains (right column) for 
the each construct type. The strain maps provide a convenient way to examine the heterogeneity 
in strain through the thickness of the samples. Strain values produced by FUS compression were 
generally small (<2%), and the general shape of the curves mirrored the deformation data. HA-
doped agarose gels (Figure 3-8A) exhibited relatively uniform strain within the sample with 
complete recovery, consistent with results from other forms of compressive testing [53, 54]. 
Collagen constructs (Figure 3-8B) showed relatively uniform strain levels through the construct, 
with a characteristic viscoelastic response [55]. Fibrin constructs (Figure 3-8C) showed a similar 
profile, but exhibited significant variation in strain magnitude between segments. Significantly 
larger strains were observed at the top bottom surfaces of the fibrin constructs, compared to the 
interior. Cell-seeded collagen constructs (Figure 3-8D) produced a profile that showed 
viscoelastic response, but which was distinct from the acellular constructs. In particular, cell-






Figure 3-8. Segment strain color maps (left column) and graphs of segment strain (center column) and 
bulk strain (right column) for (A) HA-doped agarose gel, (B) HA-doped collagen constructs (2.0 mg/mL), 
(C) HA-doped fibrin construct (2.0 mg/mL), and (D) cell-seeded collagen construct (day 1). 
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3.3.5 Characteristic Parameters Derived from FUS-Induced Strains in Hydrogel Constructs 
 
To provide a practical means for rapid quantification of the FUS-induced strain without 
assuming a model for the material, the maximum strain, residual strain, and creep and recovery 
time constants were determined from the bulk strain data for each of the samples types (Figure 
3-9). The maximum strain (Figure 3-9A) was both material- and concentration-dependent. At the 
same concentration, fibrin constructs exhibited significantly higher maximum strains (indicative 
of lower stiffness) than the other materials. Higher protein concentrations resulted in lower 
maximum strains (indicative of higher material stiffness), and the effect of concentration was 
 
Figure 3-9. Characteristic parameters of hydrogel constructs (n = 4 per construct type). (A) Maximum 
strain, (B) Residual strain, (C) Creep time constant, and (D) Recovery time constant. 
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observable in all materials. The cell-seeded constructs had higher effective collagen concentrations 
due to volume compaction over time, and consequently the day 5 cellular constructs exhibited a 
lower maximum strain than the day 1 cellular constructs. These constructs did not contain HA and 
therefore their increased stiffness is a result of the increased protein and cell concentration caused 
by hydrogel compaction. The compaction of collagen gels via cell-mediated remodeling is a well-
established phenomenon that results in an effectively more concentrated protein matrix [56, 57]. 
The minimal residual strains detected in the HA-agarose gels and the HA- and cell-seeded 
collagen constructs (Figure 3-9B) indicate that these constructs achieved essentially complete 
recovery with minimal permanent deformation after the FUS was applied. In contrast, fibrin 
constructs exhibited comparatively larger residual strains, reflecting the more plastic nature of 
these constructs that results in more permanent deformation. The degree of residual strain was also 
dependent on fibrin concentration, with generally decreased residual strain in hydrogels with 
higher fibrin concentrations. These results are consistent with those obtained from unconfined 
compression test on synthetic hydrogels with varying water content [14]. 
The creep and recovery time constants (Figure 3-9C and D) represent the dynamics of the 
deformation and relaxation processes. The more elastic HA-doped agarose gels exhibited low 
creep and recovery time constants, indicating a more rapid material response. HA-collagen and 
HA-fibrin materials showed markedly higher creep time constants. While higher collagen 
concentration increased the time constants, there was no clear protein concentration-dependence 
in the HA-fibrin constructs. The cell-seeded collagen constructs exhibited notably higher creep 
and relaxation time constants, reflective of the slower dynamics of deformation and relaxation in 
these constructs. In particular, the cellular constructs became stiffer and had altered time-depended 
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deformation as they developed from day 1 to day 5, similar to reported results from in vivo studies 
[58, 59].  
3.3.6 Viscoelastic Properties of Hydrogel Constructs using Model Fitting  
To assess the averaged properties of constructs within an ARF cylinder, we fit the measured 
bulk strain data using Burger’s model to obtain the elastic and viscoelastic parameters for each of 
the constructs types (Figure 3-10). The spring constant for the Maxwell element, R1, represents 
the initial elastic response of the material, and is directly related to material stiffness. The R1 values 
(Figure 3-10A) agreed in general with the trends observed in the maximum strain data (Figure 
3-9A), though they showed an inverse pattern since increased stiffness leads to decreased strain. 
Collagen at 5.0 mg/ml was stiffer than at 2.0 mg/ml, and cellular constructs were stiffer at day 5 
then at day 1. There was again a general increase in stiffness with increasing protein concentration 
in both collagen and fibrin constructs, consistent with reported observations that hydrogels with 
lower water content or higher protein concentration exhibit higher stiffness [58, 60].  
The viscous damping parameter in the Maxwell element, 1  (Figure 3-10B), represents 
the unrecoverable strain response and the long term creep behavior of the material. This value was 
lowest in fibrin constructs, indicating an increased propensity to creep over time, and exhibited a 
concentration dependence. The agarose constructs exhibited a relatively large 1 , reflecting their 
more elastic nature. This parameter was markedly elevated in the day 5 cellular constructs, 
suggesting decreased viscoelastic behavior, presumably due to the large increase in collagen 
protein concentration due to volume compaction and other changes during construct development.  
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The viscoelastic time constant, 22 / R  (Figure 3-10C) reflects the magnitude and duration 
of the transient region of the creep curve. This parameter was similar among the acellular 
constructs tested, though the Day 5 cellular collagen constructs exhibited an increase relative to 
other constructs. This parameter reflects a slower creep response, and again suggests a significant 
effect of construct development on the viscoelastic behavior of cellular constructs. The cellular 
constructs also had a lower value of the modulus related to retarded elasticity, 2R  (Figure 3-10D), 
which is inversely related to the magnitude of the strain response in the transient region. 
 
 
Figure 3-10. Burger's model parameters for hydrogel constructs generated by fitting of the bulk creep 
curves (n = 4 per construct type). (A) R1, (B) η1, (C) η2/R2, and (D) R2. 
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The Burger’s parameters generated for different types of constructs reflected the different 
viscoelastic characteristics of the materials and, in the case of cellular constructs, their 
development over time. These parameters reveal the effects of construct composition (type and 
concentration of protein, presence of cells, changes over time) on their mechanical properties and 
behavior, and therefore provide a useful tool in comparing materials and developing constructs. 
 
Figure 3-11. Burger's model parameters for hydrogel constructs generated by fitting of the bulk recovery 
curves (n = 4 per construct type). (A) R1, (B) η1, and (C) η2/R2. 
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Notably, these parameters can be obtained non-invasively and at high resolution using DUE. The 
Burger’s model parameters obtained from the relaxation portion of the creep curve were also 
calculated (Figure 3-11), and generally mirrored the values obtained from the creep deformation 
curve. Mechanical parameters obtained using DUE can also be combined with compositional 
information, for example as obtained by multispectral ultrasound imaging [41, 45], to elucidate 
structure-function relationships in engineered tissues. 
An important capability of the DUE technique is the ability to virtually section samples 
and thereby to examine local mechanical properties at a very small scale non-invasively. This type 
of analysis can also reveal inhomogeneity in samples at high resolution. The displacement and 
strain maps and curves presented in Figure 3-7 and Figure 3-8 show spatial variation along the 
depth direction, and provide a rapid and easily accessible way to show the pattern of internal 
strains. The amount of variability between segments at different depths depended on the construct 
type and could be generally represented by the ratio of the segment strain to the bulk strain. Figure 
3-12 shows an analysis of segment strains and the fraction of the total bulk strain which each 
segment contributes. These data show that there is heterogeneity in strain through the construct, 
and that the amount of variation depended on the construct type. Agarose gels exhibited more 
uniform strain that increased regularly through the thickness of the sample as would be the 
expected effect of a body force, compared to the collagen and fibrin constructs, which exhibited 
more random variations. In addition, the degree of variation depended on the number of segments 
used in the analysis. Use of three segments (Figure 3-12A) resulted in relatively uniform segment 




The ability to analyze sub-surface sections of the material non-invasively is a useful feature 
when characterizing the structure of a biomaterials and its mechanical effect on cells. Previously 
reported efforts have used conventional shear rheometry to measure the viscoelastic properties of 
collagen gels fabricated under different temperatures [61]. The bulk shear properties were 
correlated with the microscale morphology of the collagen fibers as determined by confocal 
microscopy, but no direct microscale mechanical measurements were made. Another previous 
study applied “active microrheology” by optically oscillating silica microbeads (2 µm in diameter) 
within a fibrin matrix [62]. The oscillatory deflection of the surrounding matrix was used to 
determine the storage and loss moduli of the material, similar to macroscale dynamic mechanical 
analysis. However, the degree of microbead deflection was only around 60 nm, and therefore the 
 
Figure 3-12. Fraction of the total bulk strain contributed by each segment, when analyzed as A) three 
segments, or B) six segments. 
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technique may be better described as “nanorheology”. In contrast, the DUE technique we report 
achieved and imaged deformation from 5,000-25,000 nm (5-25 µm), which is more clearly on the 
microscale. In agreement with the present study, the active microrheology experiments showed 
that protein hydrogels exhibit microscale heterogeneity. 
3.4 Conclusion 
This study demonstrates the feasibility of applying DUE to the non-invasive 
characterization of both the averaged bulk and segmented local viscoelastic properties of hydrogel 
constructs. Application of a constant acoustic radiation force using DUE can be used to perform a 
creep test on small or large samples, and the resulting curves reflect the viscoelastic characteristics 
of the materials. In addition, DUE can be used to image the samples and determine their volume, 
morphology, and acoustic parameters. Testing of HA-doped hydrogels showed the effects of 
material type and concentration on the viscoelastic mechanical properties, as well as the effects of 
cell-seeding as constructs developed over time. Importantly, examination of local mechanical 
properties showed spatial variation that reflected microscale heterogeneity within the constructs. 
These findings suggest that DUE is a flexible tool that can be used to investigate microscale 
properties of hydrogel materials over time. The technique may also be extended to examine other 
material properties, and to characterization of tissues in vivo. Therefore DUE may provide an 
important enabling tool for investigating fundamental mechanisms of mechanobiology and 
facilitating progress in tissue engineering.    
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Chapter 4 Interrogation of Viscoelastic Properties in Heterogeneous Biomaterials 
4.1 Introduction  
The importance of mechanical factors in regulating cell and tissue function is clear. 
However, the ability to meaningfully leverage the principles of mechanobiology requires more and 
better information about the structure and function of the cellular microenvironment. Cells sense 
and respond to their mechanical environment through receptors and signaling pathways that 
coordinate such functions as differentiation, proliferation, migration, and matrix remodeling [1]. 
Mechanical behavior must therefore be considered when developing biomaterials to guide cell 
function, either as platforms to study cellular processes or as components of restorative therapies. 
Importantly, the fields of cell-matrix interactions and cellular mechanobiology have evolved over 
the past decade [2-4], from a focus on the passive mechanical properties of the extracellular 
environment to a growing realization that the dynamic and complex nature of extracellular 
mechanics must be considered. In particular, recent work has demonstrated that nonlinear elastic 
[5-7] and viscoelastic [8-10] behaviors of the extracellular matrix affect cells in ways that 
transcend the simple elastic response. 
While the impact of both passive and dynamic mechanical signals on cell behavior is 
undisputed, our understanding of mechanobiology is hampered by a lack of information about the 
local physical properties of the cellular microenvironment on length scales that cells sense [11, 
12]. Native tissues are composed of cells surrounded by a network of fibrillar glycoproteins and 
hydrated proteoglycans. This composite structure gives rise to scale-dependent heterogeneity as 
well as complex mechanical properties and behaviors. A variety of biomaterial systems have been 
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developed to mimic key aspects of the structure of native extracellular matrix, including hydrogels 
composed of natural proteins [13-15], polysaccharide matrices [16] and synthetic polymers [17]. 
Such materials are used widely in studying cellular mechanobiology. However, the mechanical 
properties of heterogeneous materials can depend on the resolution at which they are examined, 
such that microscale structure-function relationships can be distinct from the macroscale 
mechanical properties. In addition, the high water content and combination of solid and fluid 
elements in these materials results in time-dependent and viscoelastic behavior. 
A variety of methods have been applied to measure mechanical properties of native tissues 
and hydrogel biomaterials. However, microscale testing of soft materials with high water content 
can be challenging. Most studies have used conventional, macroscale techniques such as tensile 
[18, 19] and compressive testing [20, 21], or shear rheology [22-24], which cannot discriminate 
microscale heterogeneity in materials, nor can they provide insight into interior architectures. A 
much smaller number of studies have probed microscale properties. For example, atomic force 
microscopy and nanoindentation have been applied to mature bone but only sparingly to tissues 
and hydrogel materials [25-27]. However, these techniques suffer from high variability and 
provide only two-dimensional (2D) surface maps of material properties. Optical trapping of 
particles embedded in hydrogel matrices has been used for oscillatory dynamic mechanical 
analysis [28], but provides deformations only on the nanoscale and is only feasible for small, thin 
samples. Notably, all of these techniques require physical contact or manipulation of the samples, 
which hinders longitudinal assessment of developing tissues. 
Here we demonstrate a novel ultrasound-based approach that can noninvasively 
characterize the complex microscale mechanical properties of heterogeneous, three-dimensional 
(3D), soft biomaterials over time. Our approach capitalizes on the ability of ultrasound waves to 
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penetrate and interact with components in a material at depth and without contact. Besides imaging 
material morphology and structure (recently reviewed in [29, 30]), ultrasound elastography uses 
either direct physical compression or remote deformation using acoustic radiation force [31-36], 
for visualization of relative tissue stiffness (e.g. to identify tumors). A few studies have reported 
the use of acoustic radiation force to assess relative elastic and viscoelastic properties of a sample 
[37-40], but have been limited to measuring only bulk properties of samples suspended in solution. 
Our technique, named multimode ultrasound viscoelastography (MUVE), uses interleaved 
ultrasound pulses at two distinct center frequencies to both deform and image soft hydrogel 
samples at microscale resolution. Focused ultrasound pulses at low frequency (e.g. 1-3 MHz) are 
used to noninvasively apply a controlled body force (e.g. acoustic radiation force) to selected 
regions within the sample. Concurrent ultrasound imaging at high frequency (e.g. 10-50 MHz) 
allows creation of 3D spatial maps of the interior features of the sample, as well as measurement 
of time-dependent sample deformation or strain at any desired location within the sample. The 
strain in the sample over time and location are then used to generate a set of quantitative parameters 
that describe both the elastic and viscoelastic properties of the material. Here, we report on the 
application of MUVE to characterizing both the bulk and local mechanical properties of commonly 
used hydrogel biomaterials and demonstrate the ability to discriminate between phases in 
multiphase materials. We characterize the spatial resolution and detectivity of the technique, and 
compare MUVE to other commonly-used mechanical measurement methods. This work highlights 
the distinct ability of MUVE to noninvasively probe the local mechanical properties of soft 
biomaterials at depth and at the cellular scale. 
4.2 Materials and Methods 
4.2.1 Synthesis of HA-Agarose Microbeads 
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Agarose solution (50.0 mg/ml) was prepared by dissolving agarose powder (Sigma 
Aldrich, St. Louis, MO) in deionized water. Nano-grade hydroxyapatite (HA) solution was 
prepared at 200 mg/ml in Dulbecco's modified Eagle's medium-low glucose (DMEM; Life 
Technologies, Grand Island, NY) and sonicated for an hour before use. HA-agarose beads were 
fabricated by an oil-in-water emulsion method. 1 ml mixture of 80% agarose solution, 5% HA 
solution, and 15% deionized water was injected into 75 ml polydimethylsiloxane (PDMS; PMX-
200,100 cS; Xiameter) under constant stirring using an impeller. Emulsification was carried out at 
37 ˚C for 5 min and then on ice for 30 min. To obtain HA-agarose beads of 10-1000 μm diameters, 
the stirring speed was set to 400 and 500 rpm. HA-agarose beads in PDMS were collected through 
centrifugation and washing with phosphate buffered saline. 
4.2.2 Fabrication of Hydrogel Constructs 
To illustrate MUVE’s capability of delineating multi-phase multi-material constructs, 40.0 
mg/ml HA-agarose beads were embedded in 5.0 mg/ml HA-doped agarose, 2.0 mg/ml HA-doped 
collagen, and 2.0 mg/ml HA-doped fibrin hydrogels. To determine the size resolution, 40.0 mg/ml 
HA-agarose beads with various diameters were embedded in 5.0 mg/ml HA-doped agarose gel. 
HA-doped agarose gel of 5.0, 10.0, 20.0, 30.0 and 40.0 mg/ml containing 40.0 mg/ml HA-agarose 
beads were tested to determine the detectable contrast in hydrogel composition. For comparing 
MUVE, nanoindenter, and shear rheometer, HA-doped agarose hydrogels (5.0, 10.0, 20.0, 30.0, 
and 40.0 mg/ml) and HA-doped fibrin hydrogels (2.0, 6.0 and 10.0 mg/ml) were tested. All 
hydrogel constructs contained 10.0 mg/ml nano-grade HA.  
HA-doped agarose hydrogels were prepared as discussed previously [41, 42]. Briefly, 50.0 
mg/ml agarose stock solution was mixed with deionized water and 5% 200mg/ml HA stock 
solution to obtain selected final agarose concentration. 250 µl of the mixture was injected into a 
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custom mold. HA-agarose beads were transferred into the mixture, and the mixture was allowed 
to gel at 4ºC for 30 min. Agarose hydrogel constructs were 9 mm in diameter and 3-4 mm in height. 
HA-doped fibrin and collagen hydrogels were fabricated as discussed previously. HA-
doped collagen hydrogels were synthesized by mixing 50% 4.0 mg/ml collagen Type I (MP 
Biomedicals, Solon, OH) in 0.02 N acetic acid, 20% 5X-concentrated Dulbecco’s modified 
Eagles’ medium (5X-DMEM; Invitrogen, Carlsbad, CA), 10% fetal bovine serum (FBS; 
Invitrogen), 5% DMEM, and 5% 200 mg/ml HA stock solution. HA-doped fibrin hydrogels were 
generated by mixing 83% fibrinogen stock solution (4.0, 12.0, and 20.0 mg/ml), 10% FBS, 2% 50 
UT thrombin (Sigma Aldrich) and 5% HA stock solution. 250 µl of the HA-collagen or HA-fibrin 
mixture were injected into a 48 well plate, and HA-agarose beads were transferred into the mixture 
for make multi-phase constructs. The mixture was incubated at 37ºC for 30 min for gelation. HA-
collagen and HA-fibrin constructs were 10 mm in diameter and 2-3 mm in thickness.   
4.2.3 Multimode Ultrasound Viscoelastography (MUVE) 
Experimental Setup, Data Acquisition, and Analysis – As described previously [41], the 
MUVE setup consisted of a 2 MHz FUS transducer (H148; Sonic Concepts, Woodinville, WA; 
62.5 mm focal distance, -6 dB focal length of 8.0 mm, -6 dB beam width of 1.5 mm) collinearly 
aligned with a 10 MHz imaging transducer (Olympus, Waltham, MA; focal distance at 55 mm, – 
6 dB beam width of 1 mm). The FUS transducer was driven by a waveform generator (33220A; 
Agilent, Santa Clara, CA) and a power amplifier (75A250; Amplifier Research, Souderton, PA) 
to deliver a series pulses (1 Hz PRF with 99% duty cycle and 0.7 MPa acoustic pressure) for an 
180 s total duration. The imaging transducer was driven by a pulser/receiver (5900 PR; Olympus) 
to send and acquire signals at 1 Hz or 50 Hz PRF. The imaging pulses were initiated 20 s before 
the FUS pulses and terminated 150 s after the FUS pulses. Synchronization of the FUS and imaging 
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pulses was achieved using a pulse/delay generator (Model 565; BNC, San Rafael, CA). 
Backscattered signals acquired by the imaging transducer were recorded at 250 MSamples/s and 
stored on an oscilloscope (54380B, Agilent, Santa Clara, CA) for offline analysis. 
Hydrogel constructs were first imaged using a high-resolution VEVO 770 imaging system 
(VisualSonics Inc., Toronto, Canada) to obtain grayscale B-mode and 3D images, as well as raw 
backscattered data for attenuation measurements [43] (Table 4-1). Then samples were placed in a 
custom holder with agar gel padding for mechanical testing with MUVE. From MUVE, a time 
series of RF signals were acquired and Hilbert transform was applied to generate M-mode images. 
Two-step cross-correlation [44] was used to compare signals to the baseline signals before 
compression to determine displacements within the sample. Displacement values were assigned to 
each pixel to create displacement color maps (Figure 4-1).  
 
Mechanical Parameter Extraction – Displacements near the surface of the construct and 
near the surface of the HA-agarose bead were extracted and presented as displacement-time curves 
to illustrate mechanical property differences between the hydrogel and bead. To account for 
differences in sample attenuation coefficient and resulted differences in acoustic radiation force, 
 
Figure 4-1. MUVE Signal processing procedure. At a selected line of sight (LOS; red dashed line), a 
series of radio-frequency (RF) signals was acquired before, during and after the focused ultrasound (FUS) 
pulses, which generates a motion-mode (M-mode) ultrasound image. Using a two-step cross-correlation 
method, the displacement along the LOS over time was determined and a displacement color map was 
generated by assigning the displacement value to each pixel. Green arrows indicate sample surfaces.      
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compliance was computed by normalizing strain with the stress induced by acoustic radiation 
force. The ARF acts as a body force in the construct, and the induced stress in the ARF cylinder 
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where SFUS is the FUS bean cross sectional area and the ARF,
3[N/ m ]F , at a location with radius 











,   (2) 
where 
1[m ]   is the absorption coefficient, [m/ s]c  is the speed of sound in the sample, and 
 2/' mWI  is the in situ acoustic intensity approximated by the free field intensity I(r,z) multiplied 
by the attenuation factor.  
 
The mechanical property was quantified by the maximum strain (max|(t)|), residual strain 
(max|(t)|, creep time constant (τc), recovery time constant (τR) and instantaneous elastic modulus 
(R1). Maximum compliance was defined as the highest value of compliance in creep and residual 
compliance was defined as the steady-state compliance at the end of recovery. Creep and recovery 
Table 4-1.  Sample thickness, attenuation, experienced acoustic radiation force (ARF) as a body force, 
and creep time for HA-doped agarose and fibrin hydrogels at selected concentrations. Values are shown 
as mean ± SEM, n = 4. 













5 3.16 ± 0.06 0.198 ± 0.005 5.72 ± 0.24 
180 
10 3.15 ± 0.03 0.216 ± 0.004 6.21 ± 0.10 
20 3.18 ± 0.05 0.231 ± 0.002 6.71 ± 0.14 
30 3.25 ± 0.06 0.243 ± 0.002 7.20 ± 0.09 
40 3.23 ± 0.07 0.254 ± 0.003 7.48 ± 0.23 
HA-doped 
Fibrin 
2 2.60 ± 0.08 0.231 ± 0.004 5.48 ± 0.23 
8 2.43 ± 0.06 0.239 ± 0.005 5.31 ± 0.23 
10 2.38 ± 0.05 0.252 ± 0.005 5.48 ± 0.18 
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time constants were derived by fitting the creep and recovery compliance over time with 
exponential functions. To avoid subjectivity, the instantaneous elastic modulus was derived by 
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Limit of Detection (LOD) – To determine the limit of detection for spatial resolution, the 
diameter of the microbead was estimated as the distance between the depth where the displacement 
drops to 5.24 μm (mean displacement at the surface of HA-agarose bead) and the bottom of the 
construct. The true diameter was determined as the distance between the first positive peak 
corresponding to the HA-agarose bead surface and the first peak corresponding to the bottom of 
 
Figure 4-2. A) Spring-dashpot schematic of the Burger’s four parameter model. B) Schematic showing 
the strain-time curve of a viscoelastic material under a step function stress. The strain can be decomposed 
into three components: a pure elastic component governed by R1 (blue), a pure viscous component 
governed by η1 (orange), and a viscoelastic component corresponding to the spring and dashpot in 
parallel governed by R2 and η2 (pink).  
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the bead in the RF signal. Linear regression of the estimated size against the true size was 




,   (4) 
where s is the standard deviation of the regression and b is the slope of the regression [46].  
To determine the LOD for detectivity, the difference between the displacement at the 
surface of the construct and at the surface of the HA-agarose bead was computed and plotted 
against the agarose concentration difference between the hydrogel and the bead. Linear regression 
was applied and LOD was computed as in Eq. (4). 
4.2.4 Nanoindentation 
Nanoindentation on HA-doped agarose hydrogels and HA-doped fibrin hydrogels was 
performed using Hysitron TriboIndenter (Hysitron, MN) with a flat-punch probe. A load function 
of 0.8 s pre-loading, 40.0 s hold time and 0.8 s unload time to mimic the step stress function applied 
with MUVE (Table 4-2). A peak force of 2.0 to 40 μN was applied to the constructs to generate 
displacement over 1 μm and under 5 μm. Compliance was computed as strain normalized by the 
peak stress. Maximum compliance (max|J(t)|), creep time constant (τc), and instantaneous elastic 
modulus (R1) were calculated as described in the previous section. Creep during the hold-time was 
used for obtaining R1 by fitting data to the Burger’s model to reduce the effect of the slower loading 
speed compared to MUVE.   
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4.2.5 Shear Rheometry 
The storage modulus (G’), and the loss modulus (G’’) were determined using AR-G2 
rheometer (TA Instruments, New Castle, DE). A 20 mm parallel plate (500 µm apart) and a Peltier 
stage were used for performing the shear rheometry analysis. Agarose and fibrin gels were casted 
in-situ by quickly injecting 250 µL of freshly prepared hydrogel mixture directly in the parallel 
plates. Tests were conduction (n≥3) at 37˚C for a 15 min time sweep at 1% strain and angular 
frequency of 1 rad s-1. The storage modulus and loss modulus values were calculated by taking 
the average values of the linear portion of the curves.  
4.2.6 Statistical Analysis  
Results were presented as mean ± SEM. Student's two-tailed t-test for unpaired samples 
was performed to determine differences between groups. Differences were considered statistically 
significant at P < 0.05. 
4.3 Results and Discussion 
4.3.1 Viscoelastic Characterization using MUVE 
Table 4-2. Nanoindentation pre-load, maximum load, load time, hold time and unload time for HA-doped 
agarose and fibrin hydrogels at selected concentrations. While maintaining the same load, hold and 
unload time, pre-load was adjusted to accurately determine zero-position and maximum load was adjusted 

















5 1.5 2 
0.8 40 0.8 
10 1.5 5 
20 1.5 10 
30 5 20 
40 5 40 
HA-doped 
Fibrin 
2 1.5 2 
8 1.5 2 
10 1.5 2 
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MUVE uses co-linearly aligned ultrasound pulses at separate frequencies to both deform 
and image soft biomaterial samples (Figure 4-3A).  
 
 
Figure 4-3. A) Schematic diagram of transducer set-up and expanded view of sample in MUVE. B) 
Schematic trace of the protocol for interleaving focused ultrasound (FUS) pushing and imaging pulses 
during MUVE for creep testing. C) B-mode image of agarose hydrogel sample showing deformation 
during application of FUS. D) Schematic of deformation versus time traces for elastic and viscoelastic 
materials during creep testing. 
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An annular focused ultrasound (FUS) transducer (2 MHz) is used to apply “pushing” pulses to the 
sample. The acoustic radiation force (ARF) associated with the “pushing” pulses deforms the 
sample within a confined volume determined by the focused ultrasound beam profile. A high 
frequency imaging transducer (10 MHz) is nested in the annular space of the pushing transducer 
for high resolution pulse-echo imaging and detection of the ARF-induced deformation in the 
sample over time. Since the ARF is a body force, it acts throughout the volume of the applied 
ultrasound beam. 
We implemented MUVE for testing in creep mode, in which a constant force is applied to 
the sample and deformation is monitored over time, using interleaved pushing and imaging pulses 
(Figure 4-3B). Ultrasound M-mode imaging was applied before, during, and after sample 
deformation. FUS was applied to deform the sample for a period of 180 s. To maintain an 
essentially constant force, the pulse repetition frequency (PRF) was set to 1 Hz at a duty cycle of 
99.99%, leaving a short “off” interval of 10 ms for pulse-echo imaging at 1 s intervals to detect 
sample deformation.  The ultrasound imaging data clearly showed sample dimensions and the 
deformation in the materials over the duration of the creep test (M-mode images and corresponding 
displacement curve, Figure 4-3C). The characteristic deformation over time curve of a sample 
provides insight into the viscoelastic behavior of the material (Figure 4-3D). Purely elastic 
materials (blue curve) deform instantaneously to a degree determined by their stiffness, and 
maintain a constant deformation until the load is removed, at which point they recoil fully to their 
original dimensions. In contrast, viscoelastic materials (green curve) continue to deform over time 
under a constant load (this behavior is termed “creep”), and also exhibit time-dependent and 
incomplete recovery when the load is removed. Viscoelastic behavior in hydrogels and tissues is 
caused by rearrangement of fluid and solid components in the material structure over time. 
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4.3.2 Material Properties of Multiphase Biomaterials 
An advantage of MUVE is that it can be used to spatially characterize multiphase 
biomaterials. To demonstrate this ability, we prepared constructs consisting of commonly-used 
hydrogel biomaterials (agarose, collagen, and fibrin) doped with hydroxyapatite (HA) to enhance 
scattering of the ultrasound signals. These constructs also had embedded within them a high 
concentration agarose microbead, which was included in the constructs at the time of gel 
formation, serving as an inclusion with properties distinct from the surrounding hydrogel. 
Grayscale B-mode ultrasound imaging in 2D (Figure 4-4A) and 3D (Figure 4-5) showed diffuse 
distribution of the HA throughout the constructs. In each of the three different matrices, the denser 
agarose microbead (white arrows) can be visualized. MUVE characterization was performed in 
these constructs at a line of sight (LOS1) adjacent to the microbead (dashed yellow line), as well 
as at a LOS2 that included the microbead (dashed red line). Heat maps that represent deformation 
as function of depth and time before, during, and after sample deformation (Figure 4-4B) and the 
displacement-time curves at the sample surface (Figure 4-4C) at LOS1 adjacent to the microbead 
revealed the properties of the bulk matrix from the applied creep test.  Force-induced displacement 
in the matrix showed characteristic behavior of each of the hydrogel materials (Figure 4-4C). 
Agarose exhibited essentially elastic behavior, with instantaneous deformation of about 10 µm, 
little creep over time, and recovery to close to the initial dimensions. In contrast, the fibrillar 
collagen and fibrin hydrogels exhibited a marked creep response, as characterized by increasing 
deformation over time after application of the constant acoustic force. Collagen and fibrin both 
showed a relatively rapid recovery response, and collagen recovered to close to its pre-strained 
dimensions, while fibrin did not. 
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Deformation heat maps generated at LOS2 including the microbeads (Figure 4-4D) 
showed decreased deformation at the location of the microbead, due to its high agarose 
concentration and therefore relatively stiffer matrix compared to the surrounding matrix. In each 
case, the microbead can be distinguished from the surrounding matrix material by examining its 
response to the pushing pulse and the resulting displacement-over-time curve (Figure 4-4E). In 
the agarose hydrogel, both the microbead and the surrounding gel exhibited little creep-
characteristic behavior, but as expected, the stiffer 40 mg/mL microbead deformed less than the 
surrounding 5 mg/mL gel. In the collagen and fibrin materials, the agarose microbead can again 
easily be identified from the surrounding gel, both through its lower degree of deformation and by 
 
Figure 4-4. A) Grayscale images of HA-doped agarose, collagen and fibrin hydrogels containing HA-
doped agarose bead (white arrow). Dashed lines indicate a line of sight (LOS) through a location in the 
sample without (yellow line) and with (red line) the microbead. B) Displacement color maps 
corresponding to LOS without microbead. C) Peak displacement profile of the sample at the same depth 
as the microbead. D) Displacement color map corresponding to a location with the microbead. E) Peak 
displacement profiles of the LOS without (yellow trace) and with (red trace) the microbead. 
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its distinctly more elastic behavior, as demonstrated by the shape of the displacement over time 
curve. It is important to note that even if the microbead is indistinguishable from the surrounding 
matrix in grey-scale B-mode imaging (fibrin bead in Figure 4-4A), MUVE is able to detect it 
based on its mechanical property (Figure 4-4E). 
 
We obtained strain-time curve from the deformation over time data to allow extraction of 
a set of parameters that describe viscoelastic material behavior (shown schematically in Figure 
4-6A and Figure 4-2). The panels in Figure 4-6B-F show these extracted parameters from a series 
of experiments similar to those presented in Figure 4-4. An instantaneous elastic modulus (R1, 
Figure 4-6) was derived by fitting the strain data with Burger’s Viscoelastic Model [45]. This 
parameter represents the initial elastic response of the material, which is reflective of the elastic 
 
Figure 4-5. 3D rendered ultrasound images of HA-doped (A) agarose, (B) collagen and (C) fibrin 
hydrogels containing HA-doped agarose bead (white arrows). Left column shows the entire construct. 
Right column shows a cross-section containing the HA-doped agarose bead. 
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modulus. MUVE showed that fibrin was the least stiff, and that the agarose and collagen materials 
had similar stiffness at the concentrations used. As would be expected, these quantitative results 
also show that the embedded high concentration agarose microbead was stiffer than the 
surrounding matrix and its properties were independent of the surrounding material. The maximum 
strain (Max(), Figure 4-6C) is a measure of the degree of creep after instantaneous deformation 
and reflects time-dependent behavior of the materials. Fibrin exhibited a significantly greater creep 
response than the agarose and collagen gels. These data also show that creep over time of the 
embedded microbead was significantly less than the surrounding gels, and was again essentially 
invariant across the embedding matrices. 
 
 
Figure 4-6. A) Schematic showing parameters used to characterize material properties. Parameters 
derived from creep tests on agarose, collagen, and fibrin hydrogels performed at LOS without (yellow 
bars) and with (red bars) the microbead: B) instantaneous elastic modulus (R1), C) maximum strain 
(Max()), D) creep time constant (τC), E) relaxation time constant (τR), E) residual strain (Res()). Lines 
above bars indicate P < 0.05, n =4. 
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Curve fitting of the strain-versus-time plots was used to extract time constants for the rate 
of transition to the creep and recovery phases of the mechanical tests. The larger creep time 
constant (τC, Figure 4-6D) for collagen and fibrin corresponded to a more gradual transition to the 
extended state, relative to the agarose bulk gel and microbead, indicating more viscous influence 
on material behavior. Interestingly, the recovery time constant (τR, Figure 4-6E) was similar across 
materials, and was relatively rapid compared to the creep response. However, the residual strain 
(Res(), Figure 4-6F) showed that both agarose and collagen underwent essentially complete 
recovery to their original dimensions, whereas fibrin exhibited plastic (non-recovered) 
deformation. 
Taken together, these data demonstrate how MUVE can be used to spatially quantify both 
bulk and regional properties in soft hydrogel matrices. The displacements produced in these 
experiments were in the range of 5-50 µm, which is at the scale that cells sense through cell-surface 
receptors and the cytoskeleton [47]. Importantly, the technique can probe regions inside materials 
and characterize spatial variation in material properties, as demonstrated by the ability to identify 
and measure the properties of microbeads embedded in surrounding matrices. Finally, all of this 
testing can be performed under physiological conditions (temperature, pH) and both the 
deformation and imaging of the sample is entirely noninvasive, allowing longitudinal 
nondestructive imaging of samples over time. 
4.3.3 Spatial Resolution and Detection Sensitivity 
The ability to discriminate between materials or between regions within a material based 
on their mechanical properties is important in characterizing heterogeneity and structure in 
multiphase materials. The spatial resolution of MUVE depends primarily on the resolution of the 
pulse-echo ultrasound imaging system being used to acquire signals. The lateral resolution is 
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determined by the lateral beam width, and is about 450 µm for the 10 MHz system used in this 
study. The axial resolution can be estimated based on the axial resolution of ultrasound 
elastography [48]. In this study, the axial resolution was estimated to be about 225 µm.  
To experimentally validate the axial resolution of our system, we used a two-phase 
hydrogel construct to determine the spatial resolution at which MUVE can differentiate between 
high concentration agarose microbeads of specified sizes (from 300-1000 µm in diameter) 
embedded in a surrounding low concentration agarose gel (Figure 4-7A). The high concentration 
agarose microbeads could be detected using B-mode imaging (white arrows in Figure 4-7B), 
though as the size decreased, it is difficult to discriminate the microbead from the surrounding 
matrix. Importantly, heat maps of sample deformation during the application of MUVE (Figure 
4-7C) revealed the location of the microbead, as evidenced by smaller deformation of the more 
concentrated microbead matrix. In addition, deformation over time traces (Figure 4-7D) clearly 
revealed the distinct behavior of the high concentration agarose microbead (red trace) and the 
surrounding agarose gel (magenta trace). As expected, both materials exhibited the characteristic 
pseudo-elastic behavior of agarose. However, the degree of deformation in the stiffer microbead 
was significantly smaller than the surrounding hydrogel. A plot of microbead diameter as 
measured by MUVE versus the nominal microbead diameter (Figure 4-7E) showed strong 
agreement (R=0.93). The limit of MUVE spatial resolution was estimated using the standard 
deviation and linear regression of this curve [46], and indicated that the current MUVE system can 




Detection sensitivity refers to the capability of MUVE to differentiate between materials 
based on compositional or mechanical property differences. It depends on the minimal detectable 
difference in displacements due to local spatial variation of material properties, and is also 
influenced by the signal-to-noise ratio (SNR) of the system. At a given SNR, the displacement of 
 
Figure 4-7. A) Schematic of sample configuration showing high concentration agarose microbead 
embedded within a surrounding hydrogel. Microbead size was varied to determine the spatial resolution 
of MUVE. B) Grayscale image of sample and microbead (white arrow). C) Color map of deformation 
through depth of the sample over time. D) Peak displacement profile of the surrounding hydrogel (pink 
trace) and the embedded microbead (red trace). E) Plot of measured size of microbead versus actual size, 
showing theoretical size resolution of MUVE. 
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a material depends on its mechanical properties and the applied force. Since the deforming ARF 
is constant in our system, any differences in displacements are caused by variations in the 
mechanical properties of the sample. Therefore, the detection sensitivity can be derived based on 
the minimal detectable displacement difference.  
We assessed the detection sensitivity of MUVE experimentally using agarose constructs 
of varying concentration (from 5 to 40 mg/mL), that contained an embedded high concentration 
agarose microbead (40 mg/mL, 1000 µm diameter, Figure 4-8A). As the difference in matrix 
concentration between the microbead and the surrounding matrix decreased from 35 mg/mL to 0 
mg/mL, the contrast in grayscale (B-mode) images decreased as expected (Figure 4-8B), since the 
acoustic impedance mismatch between the materials diminishes as the concentrations become 
more similar. Deformation of the sample during MUVE application as shown in heat maps (Figure 
4-8B) revealed a similar trend. Similarly, deformation over time traces (Figure 4-8C) showed a 
narrowing of the distance between the trace for the microbead (red trace) and the trace for the 
surrounding gel (magenta trace) as the difference in matrix concentration between the two phases 
became smaller. The displacement traces exhibited the characteristic shape for agarose, with a 
relatively rapid initial deformation and recovery response, and a low degree of creep. Linear 
regression of the difference in peak displacement versus the difference in agarose concentration 
between the microbead and surrounding gel (Figure 4-8D) showed a strong positive correlation 
(R=0.93). Linear regression was used to estimate that the minimum concentration difference that 
MUVE can detect in this system is about 10 mg/mL, which corresponds to approximately 0.2 kPa 
for agarose. In this case, matrix deformation caused directly by MUVE was converted into 




Figure 4-8. A) Schematic of sample configuration showing high concentration (40 mg/ml) agarose 
microbead embedded within a surrounding hydrogel. Hydrogel concentration was varied to determine the 
detectivity of MUVE. B) Grayscale image of sample and microbead (white arrow). C) Color map of 
deformation through depth of the sample over time. D) Peak displacement profile of the surrounding 
hydrogel (pink trace) and the embedded microbead (red trace). E) Plot of measured deformation 
difference versus actual concentration, showing theoretical detectivity of MUVE. 
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4.3.4 Comparison with Nanoindentation and Shear Rheometry 
 
We directly compared MUVE with two other techniques commonly used to characterize 
biomaterials: nanoindentation and shear rheometry (Figure 4-9). Each of these methods differs in 
how the load function is applied and generates a distinct set of parameters. Nanoindentation is 
typically used only to determine a compressive material modulus under small strains by 
compression at the surface. Often a reduced elastic modulus is reported [49], which takes into 
account system parameters, but is difficult to reconcile with very soft samples such as hydrogels. 
On some instruments, this technique can also be used to run creep tests at microscale deformations. 
However, the application of load is necessarily gradual and only 2D surface maps of material 
properties can be generated [50]. Shear rheometry applies tangential force, typically in torsion, 
and measures only bulk properties [22]. The storage and loss moduli it obtains reflect the elastic 
 
Figure 4-9. Table comparing key features of MUVE, nanoindentation, shear rheometry as methods for 
characterizing the mechanical properties of soft biomaterials. 
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and viscous components of material behavior, respectively. Nanoindentation and related 
compressive techniques, as well as shear rheometry, require contact with the sample and are 
therefore difficult to use for longitudinal studies of a specific sample. 
 
Direct comparison of MUVE, nanoindentation, and shear rheometry was performed 
through mechanical characterization of agarose and fibrin hydrogels over a range of 
concentrations. Results using MUVE (Figure 4-10A, Figure 4-11A, C and E) show clear 
concentration-dependent increases in the stiffness parameter (R1) in both materials. The maximum 
strain value (Max()), a measure of the degree of creep response, decreased in a concentration-
dependent manner in both materials, suggesting that at higher matrix concentrations both agarose 
and fibrin behaved more like elastic materials. The residual strain (Res ()) in agarose was very 
 
Figure 4-10. Mechanical property parameters of agarose (AG, pink bars) and fibrin (FB, purple bars) 
hydrogels at a range of concentrations: A) instantaneous elastic modulus (R1), maximum strain (Max()), 
and residual strain (Res()) as determined by MUVE (n = 4), B) instantaneous elastic modulus (R1) and  
maximum strain (Max()) as determined by nanoindentation (n > 3), C) storage (G’) and loss (G”) 
modulus as determined by shear rheometry (n = 3). Lines above bars indicate P < 0.05. 
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low in agarose and was constant across concentrations, reflecting more elastic behavior. Fibrin 
exhibited a markedly higher residual strain than agarose, which decreased with increasing 
concentration, again suggesting that a higher concentration leads to a more elastic matrix.  
Analogous creep tests using nanoindentation (Figure 4-10B, Figure 4-11B, D and F) 
resulted in a less clear relationship between concentration and the stiffness parameter (R1) in 
agarose gels, and the method had insufficient sensitivity to distinguish between the fibrin 
concentrations tested. The maximum strain (Max()) values measured by nanoindentation dropped 
sharply with increasing agarose concentration, but again this method could not distinguish between 
fibrin concentrations based on this parameter. Because nanoindentation requires sample contact 
with the probe, it cannot be used to measure residual strain. The variability and relatively low 
sensitivity of nanoindentation compared to MUVE when probing soft materials can be attributed 
to several factors. Because it is a contact-dependent method, adhesion between the probe tip and 
the sample surface can make it difficult to determine the zero strain position, leading to inaccuracy 
[51, 52]. This is a particular problem with fibrin materials because of their adhesive nature and 
high compliance. The rate of strain application is another main difference between creep testing 
using nanoindentation and MUVE. The full range of deformation of most nanoindentation 
techniques is small (approx. 5 µm), and often a level of pre-loading is required to determine the 
zero position. These limitations in working range necessitate a lower stress ramping rate, shorter 
creep duration and a lower maximum load for softer materials. These conditions are not ideal for 
satisfying the assumptions associated with the constitutive models for creep tests [53] and limit 
the sensitivity of the method. In contrast, MUVE applies an essentially instantaneous stress on the 
sample and can measure the both the zero strain position and subsequent strains noninvasively.  
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Measurement of macroscopic material properties using shear rheometry (Figure 4-10C) 
revealed clear positive relationships between concentration and both storage (G’) and loss (G”) 
moduli in both materials. These trends reflect that both material stiffness and viscous dissipation 
 
Figure 4-11. Schematic of load function for A) MUVE and B) Nanoindentaion and the induced strain-
time curve of C) HA-doped agarose and D) fibrin hydrogels (left column: MUVE; right column: 
Nanoindentation) at selected concentrations. Curves show the mean ± SEM, n = 4 for MUVE and n>3 for 
Nanoindentation. 
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increase with concentration in hydrogel matrices. Hydrogels are biphasic materials consisting of a 
solid network structure intermixed with a fluid component, and these two phases respond 
differently to shear and compression. The solid network tends to be more resistant in shear and 
tension than in compression, particularly when the network consists of fibrillar structures as in 
fibrin hydrogels. Under shear load, the solid network extends and supports most of the load, 
allowing the network and the fluid to move together with limited interstitial flow. Under 
compression, the network is buckled and the load is transferred to the fluid phase. This induces 
relative motion between the network and the solution, which causes interphase drag that is 
reflected in the time-dependent mechanical properties of the material [23]. These differences in 
microstructural deformation under shear and compression have been shown to affect overall 
macroscopic mechanical properties, such that very different properties data may be obtained 
depending on the testing mode [23]. In general, more compliant hydrogel materials are affected 
more strongly by the mode of mechanical testing [54].  
4.5 Conclusion 
These studies show that MUVE can be used to investigate and quantify mechanical 
behaviors and properties that are characteristic of soft biomaterials. The method can measure 
mechanical properties, as well as distinguish between materials based on their mechanical 
behavior. MUVE can provide quantitative data directly from stress-strain relationships, and more 
complex analysis is possible by fitting appropriate constitutive models and examining the relative 
contributions of elastic and viscous components. Importantly, the magnitude of the applied 
deformations is on a scale relevant to cells and their contacts with the extracellular matrix. 
A key feature of MUVE is that the ARF is a body force acting on all scattering elements 
throughout the sample within the beam path. This allows MUVE to spatially interrogate the interior 
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of 3D materials and map regional heterogeneity at the microscale. The application of ultrasound 
pulses is also essentially instantaneous, providing a more ideal creep test that better reflects 
material properties. Importantly, both the imaging and deforming pulses are applied noninvasively 
to samples in in situ with appropriate physiological conditions, such that MUVE is particularly 
useful for materials containing living cells and nondestructive longitudinal studies. We have 
previously used spectral ultrasound imaging to longitudinally monitor the composition of 
biomaterials and engineered tissue constructs [43, 55]. In addition, the ARF used to create 
compression during MUVE could also be used to apply defined forces to cells within hydrogel 
constructs, as a means of mechanically inducing desired phenotype changes. Therefore, by 
combining separate imaging and pushing transducers, it is potentially possible to apply controlled 
mechanical stimulation to a sample, while also monitoring the composition and mechanical 
properties and their spatial distribution. Taken together, these capabilities of advanced ultrasound 
systems offer a host of possibilities for soft biomaterials characterization and the development of 
novel mechanobiology-based approaches. 
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Chapter 5 Enhancement of Osteogenic Differentiation and Mineral Deposition Using 
Focused Pulsed Acoustic Straining (FPAS) 
5.1 Introduction  
 Dynamic mechanical stimulation plays a critical role in regulating cell function and fate 
[1-3], especially for mesenchymal stem cells (MSCs) which are highly sensitive to mechanical 
stimuli [4]. MSCs have the potential to take multiple lineages including osteogenesis, 
chondrogenesis and adipogenesis [5, 6]. Control over the MSC differentiation is critical in tissue 
regeneration as unbalanced differentiation can lead to bone metabolic disease [7, 8]. Various 
studies have shown that mechanical stimulations in the form of tensile, compressive, shear and 
vibrational load have been shown to effectively promote osteogenic differentiation in MSCs [9-
17], while lack of mechanical stimulation can induce cell apoptosis [18].     
 A noninvasive approach to apply mechanical stimulation is to use low-intensity pulse 
ultrasound (LIPUS), which is a Food and Drug Administration (FDA) approved technique and has 
been widely used in in vitro and clinical studies [19]. In animal and clinical studies, it has been 
shown to strengthen callus [20], accelerate fracture healing [21, 22], and effectively treat delayed 
unions [23] and nonunion [24, 25] . Various studies have investigated the effect of LIPUS on stem 
cells, preosteoblastic cells and bone cells [26-28] in both monolayer cultures and 3D scaffolds and 
shown that LIPUS promotes cell proliferation and osteogenic differentiation [29-32] and 
chondrogenesis [33] while suppressing adipogenesis [34, 35]. Energy transmitted via LIPUS can 
act on integrin, mechanosensitive ion channels and gap junctions, and promote focal adhesion 
formation and matrix deposition [36-40]. LIPUS has been found to trigger various biochemical 
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events in the cellular level [41-44] and several signaling pathways including 
integrin/phosphatidylinositol 3-OH kinase (PI3K)/Akt and ROCK-Cot/Tpl2-MEK-extracellular 
regulated kinase (ERK) pathway are involved in the mechanotransduction associated with LIPUS 
[40, 45-48].  Effective LIPUS intensities ranges from 10 to 300 mW/cm2 for different applications 
[49-51]. Other than intensity, transducer center frequency, duty cycle, pulse repetition frequency 
(PRF) and treatment duration can all influence the outcome of LIPUS [52-55] and a typical 
combination of 1.5 MHz center frequency, 20% duty cycle, 1 kHz PRF, 30 mW/cm2 intensity for 
20 min daily treatment has been widely accepted and used. Further enhancement in acceleration 
fracture healing and promoting osteogenesis has been achieved when combining LIPUS with other 
mechanical stimuli such as microgravity, vibration or cyclic strain [31, 56, 57].  
In this work, we took advantages of the capability of acoustic radiation force (ARF) to 
induce microscale deformation [58, 59] and developed an ultrasound-based treatment to apply 
cyclic compression on cellular constructs to enhance osteogenic differentiation and mineral 
deposition. This stimulation method utilizes ultrasound with higher intensity (around 15 W/cm2), 
higher duty cycle (50%) and lower PRF (0.2 to 10 Hz) compared to conventional LIPUS, and 
induces cyclic deformation at the cell scale (3 to 50 µm) in the cellular collagen/fibrin (COL/FIB) 
hydrogels seeded with hMSCs. We examined the influence of the treatment on cell viability in 
COL/FIB hydrogels at selected ultrasound intensities and pulse repetition frequency (PRF). We 
also investigated how PRF, treatment dosage and osteogenic medium supplements influence 
osteogenesis. As cells differentiate and remodel the matrix, the mechanical properties of the 
cellular constructs change over time. We characterized the strain profiles at selected time points 
and explored the influence of adaptively changing the treatment intensities. This work focuses on 
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utilizing therapeutic ultrasound in a distinct mode to cyclically compress engineered tissue 
constructs at the cell scale to promote osteogenesis in conjunction with cell therapy.       
5.2 Materials and Methods 
5.2.1 Cell Culture 
Human mesenchymal stem cells (RoosterBio, Frederick, MD) were cultured in Dulbecco's 
modified Eagle's medium (DMEM; Life Technologies, Grand Island, NY) supplemented with 10% 
fetal bovine serum (FBS; Life Technologies) and 1% penicillin and streptomycin (P/S: Life 
Technologies). Media was changed every three days and cells were used at passage 4 to 6.  
5.2.2 Collagen/Fibrin Cellular Hydrogel Fabrication 
Collagen/Fibrin composite hydrogels were fabricated as previously described [60]. Briefly, 
bovine skin type I collagen (MP Biomedicals, Solon, OH) and bovine fibrinogen (MP 
Biomedicals, Solon, OH) were prepared at 4.0 mg/ml in 0.02 N acetic acid and DMEM 
respectively. Collagen and fibrinogen solution at 40/60 volume ratio were then mixed with 10% 
DMEM, 10% FBS, 20% 5X-concentrated DMEM, 5% 0.1 N NaOH (Sigma Aldrich, St. Louis, 
MO), 2% 50 UT/ml thrombin (Sigma), and cell suspension in DMEM, which yielded a final total 
protein concentration of 2.0 mg/ml and a cell concentration of 0.5 x 106 cells/ml. A 500 µl mixture 
was then injected into a 24-well plate and incubated at 37 °C for 30 min to form the hydrogel.   
Cellular constructs were cultured in growth media (GM) containing of α-MEM (Life 
Technologies) without ascorbic acid supplemented with 10% FBS and 1% P/S. To induce 
osteogenic differentiation, constructs were cultured in osteogenic medium (OM) containing GM 
with 10 mM beta-glycerol phosphate (β-GP; Sigma), 50 µg/ml ascorbic acid 2-phosphate (Sigma) 
and 100 nm dexamethasone (DEX; Sigma). All medium was changed every other day. 
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5.2.3 Focused Pulsed Acoustic Straining Treatment Development 
 
Local cyclic compression on cellular constructs was applied using a 2 MHz FUS transducer 
with an annular aperture (H148; Sonic Concepts, Woodinville, WA). The transducer was 
calibrated using a hydrophone (HNR-0500; Onda, Sunnyvale, CA) to map the 3D beam profile in 
free field. It has a 6 dB axial beam depth of 8.0 mm and a lateral beam width of 1.5 mm. To raster 
scan the entire construct, the FUS was mounted to a 3D motorized stage and a custom MATLAB 
script was used to create a 5 x 5 scanning grid with 2 mm spacing (Figure 5-1). Straining was 
applied at each location for 5 s to minimize thermal effects. A custom 24-well plate lid with inserts 
was used to separate the medium in the well plate from the diH2O in the transducer housing 
(Figure 5-2) to create sterile environment for the cellular constructs. An ultrasound transparent 
membrane was attached at the bottom of the insert to ensure maximum transmission of the 
ultrasound energy. The transducer was driven by a signal generator (33220A; Agilent, Santa Clara, 
CA) and a power amplifier (75A250; Amplifier Research, Souderton, PA) to deliver acoustic 
radiation force in a pulsed manner for cyclic compression of the constructs.  Ultrasound pulses 
with 50% duty cycle, pulse repetition frequency (PRF) of 10, 1, and 0.2 Hz at an acoustic pressure 
level of 0.7 MPa (16.7 W/cm2) was applied. Constructs were treated for a total of 30 min or 6 h 
  
Figure 5-1. Experimental setup for focused pulsed acoustic straining.                                              
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(two 3 h sessions) daily. Bottom of the well plate was submerged in a 37 °C water bath during the 
treatment.  
5.2.4 Cell Viability  
Cell viability was assessed with a commercially available vital staining kit (Live/Dead®, 
Molecular Probes, Eugene, OR) as previously described [61]. Cellular constructs were washed 
with phosphate buffered saline (PBS) three times, incubated in a solution containing 1 μm calcein-
AM and 2 μm ethidium homodimer at 37 °C for 45 min, followed by another PBS wash before 
imaging on a fluorescence microscope. Cell viability was quantified using ImageJ software 
(National Institute of Health, Bethesda, MD). 
5.2.5 DNA, Alkaline Phosphatase and Calcium Quantification 
Cellular DNA content, alkaline phosphatase (ALP) activity and calcium were quantified as 
previously [61]. Briefly, for DNA content and ALP activity assessment, constructs were 
permeabilized in 0.2% Triton-X 100 (Sigma) in PBS and sonicated to break down the matrix. DNA 
was measured using the Quanti-iTTM Picogreen® kit (Invitrogen) following the manufacturer’s 
protocol. To measure the ALP activity, sample lysate was mixed with 5.0 mM p-nitrophenol 
substrate (Sigma) in 1.5 M 2-amino-2-methyl-1-propanol (Sigma) buffer. The reaction was carried 
 
Figure 5-2. FUS transducer in custom built housing. 
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out in 37 °C for 30 min, and samples were read spectrophotometrically at 405 nm. For calcium 
quantification, samples were dissolved in 1 N acetic acid on a shaker plate overnight. Sample 
lysate was then assayed with the orthocresolphthalein complex one (OCPC) method.  
5.2.7 Ultrasound Volume Quantification, Spectral Ultrasound Imaging (SUSI) and 
Multimode Ultrasound Viscoelastography (MUVE) 
Construct volume, spectral characteristics and viscoelastic properties were assessed as 
previously described [59, 62, 63]. Briefly, cellular constructs were imaged with a 55 MHz probe 
(Vevo 708) on the VEVO 770 imaging system (VisualSonics Inc., Toronto, Canada) to acquire 
3D and radio-frequency signals for assessing construct volume and spectral parameters at day 0, 
7, 14, and 21. Volume of the construct was measured by integrating the cross-sectional areas from 
the 3D image data using a built-in semi-automated algorithm. As a means to assess mineralization, 
acoustic concentration was obtained from spectral ultrasound imaging analysis by applying linear 
fit to the calibrated and gated power spectrum of the engineered constructs. Viscoelastic properties 
were measured using the Multimode Ultrasound Viscoelastography (MUVE) system by applying 
a 180 s compressive acoustic radiation force with the 2 MHz FUS transducer while imaging the 
deformation with a 10 MHz imaging transducer [59]. The maximum compliance and recovery time 
constants are reported.  
5.2.6 Statistical Analysis 
All quantitative data were presented as mean ± standard error, and analyzed with one-way 
analysis of variance (ANOVA) followed by multiple comparison. The difference is considered 
significant if p < 0.05. n = 3 samples for cell viability, biochemical assays and ultrasound 
characterizations.  
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5.3 Results and Discussion 
5.3.1 Cell Viability 
 
Based on our previous studies on characterizing the viscoelastic properties of protein 
hydrogels [64], acoustic radiation force (ARF) can be applied to strain cellular constructs as a body 
force. Acoustic pressure level between 0.55 MPa and 0.85 MPa has been shown to induce 
microscale deformation (3 to 50 µm) in the tissue constructs without raising the temperature in the 
  
Figure 5-3. A) Visualization and B) quantification of cell viability after 3 days of exposure to focused 
pulsed acoustic straining with 1 and 0.2 Hz PRF, 0.55, 0.70 and 0.85 MPa acoustic pressure. N = 3.    
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sample over 2 °C. To cyclically compress the constructs, ARF was applied in a pulsed manner 
with 50% duty cycle and the transducer was moved with a motorized stage to treat the entire 
construct. To assess the safety of the treatment, collagen/fibrin (COL/FIB) composite hydrogels 
encapsulated with human mesenchymal stem cells (hMSCs) were exposed to focused pulsed 
acoustic straining for 30 min daily for three days with two selected PRFs (1 Hz and 0.2 Hz) and 
three acoustic pressure levels (0.55, 0.70, 0.85 MPa). In all conditions, cell viability in the 
COL/FIB hydrogels were above 85% with no significant difference between any ultrasound treated 
groups and the untreated control group (Figure 5-3). These results clearly show that the 
experimental setup and the ultrasound straining treatment did not comprise cell survival in the 
hydrogels.    
5.3.2 Pulse Repetition Rate  
Pulse repetition frequency (PRF) is a key factor in designing the waveform for cyclic stress 
application. With the same duty cycle and acoustic pressure level, same amount of total energy is 
delivered to the sample within a given period of time regardless of the PRF. However, the PRF 
changes the induced deformation in the COL/FIB hydrogels due to their viscoelastic properties, 
which exhibit time-dependent deformation behavior [65]. To characterize the strain profile at 
selected PRF, a 10 MHz transducer was used to monitor the sample deformation while the sample 
was deformed with the focused ultrasound (FUS) transducer. As shown in Figure 5-4, at 10 Hz 
PRF, the sample was deformed more frequently yet with a lower maximum strain in each cycle 
compared to samples treated with lower PRF. As PRF decreases to 1 Hz and 0.2 Hz, hydrogels 
were allowed to creep or a longer period of time in each cycle which results in higher maximum 
deformation but fewer cycles can be delivered within a given time frame. At 0.2 Hz, the hydrogel 
also had the longest time (2.5 s) to recover. 
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To assess the influence of PRF and resulted difference in induced strain behavior on 
osteogenic differentiation, cellular constructs cultured in osteogenic medium were treated with 
acoustic straining at 0.7 MPa acoustic pressure with 10, 1 and 0.2 Hz PRF for 30 min daily till day 
7. Bright field images of the constructs were taken at day 7 (Figure 5-5A) and calcium deposits 
were observed in constructs cultured in osteogenic medium, with higher coverage for constructs 
treated with 1 Hz and 0.2 Hz.  DNA content (Figure 5-5B), alkaline phosphatase (ALP) activities 
(Figure 5-5C) and calcium content (Figure 5-5D) were quantified at day 0, 3, 5 and 7. There was 
no significant difference between any conditions at day 0, 3, and 5. At day 7, there was a significant 
decrease in DNA content in samples treated with 1 Hz PRF ultrasound compared to the untreated 
osteogenic samples. ALP activity was significantly higher in the 1 Hz treated group at day 3 and 
day 5. The 0.2 Hz group even though showed a similar level of ALP activity to the untreated group 
before day 5, it showed the highest level of ALP activity at day 7. On the other hand, the 10 Hz 
PRF group showed similar level of ALP to the untreated group at all four time points. To assess 
the mineralization, the 1 Hz PRF group started mineralization earlier and the calcium amount was 
highest among the groups (15.3% increase compared to the untreated group). The 0.2 Hz group 
showed the second highest calcium deposition (11.86% increase compared to the untreated group) 
while the 10 Hz group showed similar calcium content as the untreated counterpart. The results 
 
Figure 5-4. Representative images of strain behavior of COL/FIB cellular hydrogels when exposed to 
ARF at 10, 1, and 0.2 Hz. 
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clearly showed that the 1 Hz and 0.2 Hz has more enhancement in osteogenic differentiation and 
mineralization compared to the 10 Hz treatment. As the PRF is associated with the induced strain 
profile, these results indicate that a sufficiently high maximum deformation in each strain cycle 
can crucial for the stimulation to make effects and the total number of strain cycles may not impose 




Figure 5-5. A) Bright field images, B) DNA quantification, C) ALP activity and D) calcium of cellular 
constructs in growth medium, osteogenic medium without ultrasound treatment and constructs exposed to 
ultrasound treatment with 10, 1, and 0.2 Hz PRF in osteogenic medium. N = 3. Symbols above the bars 
indicate significant differences (p < 0.05). 
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5.3.3 Treatment Dosage 
 
We then investigated effects of ultrasound treatment dosage on osteogenesis. Cellular 
constructs were either treated for 30 min daily or treated for 3 h twice day (6 h total daily). The 
effects of stimulation was assessed with ALP activity normalized to DNA content and calcium 
deposition (Figure 5-6). DNA content was similar across different testing groups, with no 
significant difference between the 30 min and the 6 h group. The ultrasound treated groups, either 
with 30 min or 6 h daily treatment, showed significantly higher ALP activity and calcium than the 
untreated control group at day 3 and day 5. Samples exposed to 6 h daily treatment showed slightly 
 
Figure 5-6. A) DNA, B) ALP activity and C) calcium of untreated cellular constructs in GM and OM and 
constructs in osteogenic medium exposed to ultrasound treatment for 30 min and 6 h daily. N = 3. 
Symbols above the bars indicate significant differences (p < 0.05). 
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higher ALP level and calcium content than the 30 min group at day 7, but no significance was 
observed. These results showed that the extended treatment has a slightly more beneficial effect 
for enhancing osteogenic differentiation and promoting mineral deposition, yet no significant 
difference was found. Similar results was shown in LIPUS studies when comparing 10 and 30 min 
daily treatment [66]. The insensitivity to extended treatment duration may indicate a habituated 
response to the stimulation. 
5.3.4 Osteogenic supplements 
 
Chemical cues like osteogenic supplements can be strong osteogenic inductive for MSCs, 
but are usually not available in vivo [9]. We investigated the effects of ultrasound treatment with 
different medium conditions: GM (no osteogenic supplement), OM (with ascorbic acid, β-GP, and 
dexamethasone), and OM-DEX (with ascorbic acid and β-GP, no dexamethasone). Cellular 
constructs in three different types of medium were exposed to ultrasound stimulation for 30 min 
everyday till day 14, and the calcium content was assayed at day 21 (Figure 5-7). Ultrasound 
stimulation itself without any osteogenic supplements did not induce any mineral deposition in the 
 
Figure 5-7. Calcium quantification of untreated and ultrasound treated cellular constructs cultured in GM, 
OM and OM with no DEX at day 21. N = 3. Symbols above the bars indicate significant differences (p < 
0.05). 
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cellular constructs. When combined with complete supplements with or without dexamethasone, 
the ultrasound treatment significantly increased the calcium deposition at day 21 by 9.2% and 
30.6% respectively. Even though the ultrasound treatment failed to induce osteogenic 
differentiation without the chemical supplements, the effect was more substantially when limited 
osteogenic supplements were provided. 
5.3.4 Ramping Treatment Intensity 
From Figure 5-6C, we noticed that the percentage increase in calcium induced by the 
ultrasound treatment was highest at day 3 (31.7%) and gradually decreased at day 5 (21.7%) and 
day 7 (10.4%), which indicates a progressively diminishing effect of the ultrasound treatment over 
time. This decrease in enhancement effects could be due to limited differentiation and 
mineralization potential of the constructs or the drop in effectiveness of straining over time. As 
cellular constructs mineralize, the cells remodel the surrounding matrix, which causes hydrogel 
compaction and induce changes in mechanical properties of the matrix. The change in hydrogel 
viscoelasticity will further change the straining level over time when constructs are exposed to a 
constant acoustic pressure level. As shown in Figure 5-8, with the progression of cell 
differentiation, the COL/FIB hydrogels compacted over time with an initial sample thickness 
around 2 mm at day 0 to under 0.5 mm at day 21. The construct volume also decreased from 278.0 
± 7.46 mm3 to 29.8 ± 2.51 mm3. Using the spectral ultrasound imaging analysis for assessing 
mineralization, there was significant increase in the acoustic concentration at day 7, 14 and 21 
indicating accumulation of calcium deposits. Mechanical properties were assessed with the MUVE 
system, and significant decreases in maximum compliance were detected, indicating an increase 
in hydrogel stiffness over time. There was also a significant decrease in recovery time constant at 
day 21, indicating a decrease in viscosity as the cellular constructs mineralize.  
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To determine the amount of induced compression over time, strain at different acoustic 
pressure levels at day 0, 7 and 14 was measured. Strain-time curves at 0.60, 0.65, 0.70, 0.75 and 
0.80 MPa with 1 Hz PRF at three selected time points are shown in Figure 5-9A. At any individual 
time point, the maximum strain in each cycle increased with higher acoustic pressure level. 
However, the acoustic pressure levels had less impact on the magnitude of maximum strain at later 
time points. Additionally, the day 0 constructs exhibited highest amount of residual strain due to 
the high fluid content in the constructs initially, which resulted in higher viscosity and therefore 
more unrecoverable deformation. The maximum strain in the last cycle (5th cycle) of the strain 
measurement are shown in Figure 5-9B, and it shows that the maximum strain at a given acoustic 
pressure level decreases over time. Starting with 0.6 MPa pressure at day 0 (blue bars), to obtain 
 
Figure 5-8. A) Grayscale ultrasound images B) Volume measured from ultrasound 3D scanning, C) 
average acoustic concentration (AAC) from spectral analysis, D,E) maximum compliance and recovery 
time constants measured with MUVE of osteogenic COL/FIB constructs at day 0, 7, 14, and 21. N = 3. 
Symbols above the bars indicate significant differences (p < 0.05). 
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the same amount of maximum strain (yellow dashed line), an acoustic pressure level of 0.7 MPa 
and 0.75 MPa at day 7 (red bars) and day 14 (green bars) is required respectively. The total strain 
over the five cycles of straining are shown in Figure 5-9C. Similar to the maximum strain, the 
cumulative strain increase with the acoustic pressure level. To obtain the same amount of total 
strain, a higher acoustic pressure is needed at later time points. The cumulative strain was 
computed as the addition of strain magnitude in each cycle, which is the difference between the 
maximum strain and the resting strain at the beginning of the cycle. At day 0, the residual strain in 
each strain cycle were higher which gives a smaller magnitude of strain in each cycle. As Figure 
5-9C shows, the difference in total strain between day 0 and day 14 was not as significant as in the 
maximum strain (Figure 5-9B). 
To investigate the potential of further enhancing the effects of ultrasound stimulation by 
adaptively change the treatment intensity, four stimulation intensity schemes including constant 
0.6 or 0.7 MPa pressure throughout the 14 days treatment, and incrementing the acoustic pressure 
level from 0.6 or 0.7 MPa at day 0 to 0.8 MPa at day 14 on a daily basis (Figure 5-10A). Increasing 
the acoustic pressure level from 0.6 to 0.8 MPa ensured the average maximum strain was above 
0.39% (yellow line in Figure 5-9B) and an average total strain above 1.17% (yellow line in Figure 
5-9C). On the other hand, ramping the acoustic pressure from 0.7 to 0.8 MPa would give an 
average total strain above 2.17% (orange line in Figure 5-9C), but the average maximum strain 
under 0.7 MPa pressure at day 0 (0.86%) would not be maintained at later time points (orange line 




Figure 5-9. A) strain curves B) maximum strain in the last cycle and C) total strain in hydrogels when 
treated with 0.6, 0.65, 0.7, 0.75 and 0.8 MPa acoustic pressure at day 0, 7, and 14. N = 6. Symbols above 
the bars indicate significant differences (p < 0.05).  
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The cellular constructed were treated with the selected acoustic pressure scheme till day 
14, and the DNA content, ALP activity and calcium deposition were quantified at day 0 , 7, 14, 
and 21 (Figure 5-10B to D). There was no significant difference in DNA amount across groups at 
day 0, 7 and 21. At day 14, the DNA amount in the 0.6 MPa group was significantly higher than 
that in the 0.6 MPa ramping and 0.7 MPa group. For ALP activity, all treated groups had a 
significantly higher expression at day 7 compared to the untreated group. The similar effects from 
the 0.6 MPa and the 0.7 MPa group indicate that the difference in the maximum strain at these two 
 
Figure 5-10. A) Acoustic pressure level of the four selected treatment scheme. B-D) quantification of 
DNA, ALP activity and calcium of constructs exposed to constant acoustic pressure at 0.6 and 0.7 MPa 
and ramping acoustic pressure from 0.6 and 0.7 MPa at day 0 to 0.8 MPa at day 14.  N = 3. Symbols 
above the bars indicate significant differences (p < 0.05). 
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pressure levels did not drastically change the cell differentiation. Both pressure levels may have 
reached an effective strain threshold to trigger osteogenic differentiation or the difference in the 
strain at these two pressures was not substantial enough to cause any difference in cell response 
[67, 68]. The 0.7 MPa ramping group showed significantly higher ALP activity at day 7 compared 
to applying constant 0.7 MPa pressure. Calcium was also found to be highest in the 0.7 MPa 
ramping group at day 7, 14 and 21 (38.4% increase compared to untreated), which indicates 
additional enhancement in promoting osteogenic differentiation and of treating the constructs with 
higher intensity over time to account for the change in construct mechanical properties.   
5.5 Conclusion 
These results show that the acoustic radiation force can be applied locally to cellular 
constructs in a pulsed manner to induce microscale deformation and promote osteogenic 
differentiation and calcium deposition. Due to the viscoelastic nature of the COL/FIB composite 
hydrogels, the PRF plays a critical role in determining the straining profile. Moreover, applying 
the stimulation dynamically over time addresses the change in the mechanical properties as the 
cells differentiate and remodel the matrix, and further enhanced the effects of the ultrasound 
treatment. This stimulation technique has the advantages of straining cellular constructs 
noninvasively at the cellular scale with temporal and spatial control, which gives the potential of 
in vivo applications together with our previously developed compositional [62, 63] and mechanical 
characterization [59] techniques to monitor and foster cell and tissue development.   
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Chapter 6 Summary, Conclusions and Future Directions 
The central role of mechanobiology in tissue development and regeneration creates a need 
for tools to study the influence of both static and dynamic mechanical stimuli on developing tissue 
over time [1, 2]. Conventional mechanical characterization and stimulation methods that rely on 
contact surface force usually require special sample preparation, involve sample destruction, and 
have limited potential for in vivo applications. Ultrasound-based methods, on the other hand, 
utilizes acoustic radiation force that penetrate into the sample without contact and haven been 
applied for noninvasive imaging of tissue elasticity [3, 4]. However, their application for 
quantitative assessment of material properties, especially viscoelastic properties of soft materials 
with high water content, has not been exploited. For stimulating tissue development, low-intensity 
pulsed ultrasound has been widely used [5-7], yet the underlying mechanism of the method has 
remained unclear and no consensus in optimal parameters for directing stem cell differentiation 
has been reached.    
6.1 Multimode Ultrasound Viscoelastography (MUVE)  
Summary and Conclusion 
We have developed a multimode ultrasound viscoelastography (MUVE) system to assess 
mechanical properties of engineered tissue constructs [8]. MUVE consists of a 2 MHz focused 
ultrasound (FUS) transducer to apply steady acoustic radiation force (ARF) to deform the sample, 
and a 10 MHz imaging transducer to monitor the deformation concurrently. We used MUVE to 
perform creep tests on hydroxyapatite (HA) – doped agarose, collagen and fibrin hydrogels of 
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selected concentrations, as well as cell-seeded collagen hydrogels at selected time points. MUVE 
maps the deformation and strain in the samples. We obtained quantitative local and bulk 
viscoelastic properties of the samples by fitting the strain-time curves at defined depth in the 
sample to relevant constitutive models. Results clearly showed differences between materials, 
concentrations and culture time.  
We then further investigated MUVE’s capability for measuring localized mechanical 
properties in three dimensions (3D). Dense agarose microbeads were embedded into agarose, 
collagen and fibrin hydrogels to form multiphase constructs. MUVE was used to map 
heterogeneities in these constructs and it clearly showed the distinctive viscoelastic behavior from 
the agarose microbead and its surrounding hydrogel. By varying the size of the agarose 
microbeads, we determined the MUVE system to have a spatial resolution of approximately 200 
µm in both lateral and axial directions. The system can detect a 0.2 kPa difference between the 
agarose microbead inclusions and the surrounding agarose hydrogel. Comparison of MUVE, 
nanoindentation, and shear rheometry on testing agarose and fibrin hydrogels showed that MUVE 
generated more consistent results at the microscale especially for very soft materials.  
Compare to other mechanical testing methods, since MUVE does not require a contact 
surface for applying stress, it does not impose as much restrictions in sample geometry and 
dimensions. This feature is extremely advantageous and critical when testing soft materials with 
high water content as establishing solid contact when deforming and avoiding sticking 
phenomenon during retraction while keeping samples hydrated can be quite challenging for these 
samples. In addition, the parameters we used with the MUVE system generated 5 – 50 µm 
deformation, which is on the cell scale and cannot easily be achieved and measured by other 
methods. Mechanical characterization at this scale can provide unique insights into matrix 
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mechanics and cell-matrix interaction. Moreover, MUVE applies acoustic radiation force to 
deform the sample with ultrasound imaging to monitor deformation, which enables mapping the 
viscoelastic properties in three dimensions and allows noninvasive testing. The system can be 
applied to detect heterogeneities and monitor tissue development longitudinally both in vitro and 
in vivo.   
Future Directions   
The MUVE system is quite versatile. It can be easily modified to test a variety of materials 
with various mechanical testing modes. One feature that can improve the system performance is 
to enable real-time deformation measurement and display. The system now acquires and stores the 
radiofrequency (RF) signals in the oscilloscope and data need to be exported and then processed 
to generate strain-time curve. To accomplish real-time strain measurement, we can feed the 
segmented RF data from the oscilloscope to the computer, and process the data as we perform the 
mechanical test. With the capability to provide real-time strain measurement, we can 1) quickly 
perform trial test and easily adjust the load function for the specific sample being tested; 2) abort 
test when unexpected large deformation is generated to ensure sample integrity and 3) develop 
strain-controlled testing mode like stress relaxation test. In addition to exploring strain-controlled 
testing modes, we can also manipulate the FUS pulses to perform stress-train test by ramping the 
acoustic pressure, and perform dynamic mechanical analysis by modulating the acoustic pressure 
with sinusoidal wave. These mechanical testing modes can help provide information of the 
material behavior under various types of load and make results from MUVE more comparable to 
other methods. 
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6.2 Focused Pulsed Acoustic Compression 
Summary and Conclusion 
We have adapted the MUVE system to implement a mechanical stimulation regimen for 
engineered tissue constructs based on localized microscale cyclic compressive strain using 
acoustic radiation force. A treatment system was built with custom designed parts to provide sterile 
environment for the cellular constructs and the FUS transducer was mounted on the 3D motorized 
stage to scan the whole constructs. We investigated the effect of pulse repetition frequency (PRF), 
acoustic intensity, and treatment dosage on osteogenesis and mineralization in collagen/fibrin 
(COL/FIB) hydrogels seeded with human mesenchymal stem cells (hMSCs) based on cell 
viability, DNA content, alkaline phosphatase (ALP) activity and calcium deposition. The 
COL/FIB hydrogels exhibit time-dependent strain behavior due to the viscoelastic properties, and 
the PRF can affect the number of strain cycles delivered within a given time frame and the 
magnitude of peak strain and residual strain. Among 10, 1.0 and 0.2 Hz PRF, the 1.0 Hz PRF 
yielded the highest ALP activity at day 3 and day 5, and a 15% increase in calcium deposition at 
day 7 compared to the untreated sham. No significant difference was found when treating the 
cellular constructs for 30 min versus 6 h per day. We observed that the cellular constructs changed 
in volume, composition and mechanical properties over time, and we adapted the treatment 
regimen to these changes by increasing the treatment intensity over time. By ramping the intensity 
over time, the treatment induced a 35% increase in mineralization at day 21 compared to the sham. 
In a separate study, we also investigated the effect of mechanical stimulation in combination with 
biochemical stimulation. The mechanical treatment did not induce osteogenesis with the absence 
of osteogenesis-inductive supplements. The effect of the mechanical treatment was also found to 
be more substantial when cellular constructs were cultured without dexamethasone.  
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This ARF-based mechanical stimulation present here utilizes ARF to induce measurable 
localized cyclic microscale deformation in the cellular constructs, which distinguishes it from the 
more widely used low-intensity pulsed ultrasound (LIPUS) treatment. We have optimized the 
parameters to initiate the osteogenesis and mineralization process earlier and achieved higher 
mineral deposition in the cellular construct. This technique again can be applied noninvasively, 
which contributes to its potential to provide mechanical intervention in engineered tissue at 
selected time points before and after implantation. Moreover, with the guidance of ultrasound 
imaging, the engineered tissue can be easily identified in the animal / patient and the cyclic strain 
can be applied locally to the site of interest. In addition, by using focused ultrasound transducer 
with different center frequency or focal distance, the technique can be applied to engineered tissue 
or native tissue with various thickness and at different depth. All these attributes give the technique 
the tenability to better mimic the native mechanical environment for the cells and tissue to develop 
in various applications.  
Future Directions  
Modulate the Treatment Regimen Dynamically  
In our studies, we have found that dynamically adapting the stimulation regimen to state 
of the engineered tissue can have a significant impact.  We also showed that focused pulsed 
acoustic strain can induce an increase in ALP and mineralization at as early as day 3, and the 
enhancing effect gradually diminishes over time when using a constant intensity. Studies using 
LIPUS [9, 10] found that the effects on ALP becomes significant around day 7 and day 14 for 
mineralization. These differences in the effective timing may suggest that the two treatment 
regimens act on the cellular constructs differently, as the cyclic acoustic strain has a stronger 
impact on the initiation of osteogenesis and mineralization while LIPUS promotes the matrix 
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deposition at a later stage. The effects of LIPUS treatment on fracture healing is believed to be 
associated with the pressure and strain gradient at the fracture site which depends on the 
attenuation of in the tissue [11-13]. This mechanism would explain the more effective 
enhancement in calcium deposition using LIPUS as the matrix deposition especially the mineral 
nodules contribute significantly to the attenuation in the engineered constructs which helps build 
the pressure gradient in the tissue. Understanding the difference in the underlying mechanism, it 
would be worthwhile to investigate the stimulation effects when combining the two treatment 
regimen or transitioning from one to another over time.  
Synergistic Effects of Mechanical and Biochemical Cues 
Even though studies have shown that mechanical stimuli alone can affect cell 
differentiation [14-16], biochemical cues are also crucial in cell fate determination. The results 
from our studies showed that the acoustic strain alone cannot direct mesenchymal stem cells into 
osteogenic lineage without the chemical cues. In addition, the treatment outcome was affected by 
the chemical stimulants provided. A potential next step would be to further explore the effects of 
combining biochemical and mechanical stimulation and investigate the interactions between the 
two factors. First, we can look into optimizing the stimulation regimen in a biochemical 
environment similar to that the engineered tissue will be exposed to after implantation, which 
would help us better design the treatment for in vivo applications. Another direction would be to 
investigate the optimal combination of biochemical cues and mechanical stimulation for desired 
differentiation direction. These studies will lead to more comprehensive understanding of the 
interactions between various factors in cell differentiation and tissue development. The knowledge 
from these studies can be applied to either more effectively pre-differentiate the cells before 
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implantation or to promote the cell differentiation and development in situ combining ultrasound 
mechanical stimulation with growth factor delivery.  
     
Directing MSC Differentiation Lineage and Generating Multiphase Tissues  
Mesenchymal stem cells have the potential to differentiate into multiple lineages. Studies 
have shown that MSCs can simultaneously differentiate to a mixture of cell phenotypes including 
both osteoblast and chondrocyte, and mechanical stimulation can be tailored to change the 
phenotype composition in the scaffold [17, 18]. The magnitude, frequency and treatment dosage 
are determining factors in controlling the treatment outcome. One of the future applications for the 
acoustic strain treatment is to direct stem cell differentiation in to specific lineages by manipulating 
the treatment parameters. Moreover, we have demonstrated that the technique allows localized 
application of acoustic radiation force and the stimulation can be delivered differently within the 
constructs, which is not achievable using bulk mechanical loading methods. The localized 
application of mechanical loading can potentially facilitate in the construction of cellular 
constructs with multiple tissue types and establishing the tissue interface, which is still challenging 
in tissue engineering. Future studies can be carried out to investigate effects of mechanical loading 
gradient in cell migration, cell differentiation and matrix deposition. The results of these studies 
can be used to develop an advanced treatment method that better mimics the natural mechanical 
loading environment at a multi-tissue interface, such as an osteochondral interface, for more 
effective defect repair and tissue function restoration.        
6.3 Application of Spectral Ultrasound Imaging (SUSI) in vivo 
Summary and Conclusion 
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 This dissertation also presented our work of applying the previously developed spectral 
ultrasound imaging (SUSI) technique in an animal model for detecting heterotopic ossification. 
We used SUSI, micro computed tomography (µCT), and histology at 1, 2, 4, and 9 weeks post-
injury to follow the progression of HO in the mice after an Achilles tenotomy and 30% total body 
surface area burn. Acoustic concentration and acoustic scatterer size derived from SUSI analysis 
distinguished the tissue from the burn/tenotomy mice model from the incision-only control mice.  
Using SUSI, HO was visualized as early as 1 week after injury while µCT did not detect 
mineralization by 4 weeks after injury. In addition, spectroscopic foci of HO present at 1 week that 
persisted throughout all time points correlated with the HO present at 9 weeks on micro CT 
imaging and histology. 
This work showed our attempt and success of applying SUSI in an animal model to monitor 
mineralizing tissue over time. With the sensitivity of ultrasound imaging and SUSI analysis for 
detecting mineralizing tissue, HO foci can be detected as early as one week after the injury. The 
early diagnosis allows timely decision making based on quantitative metrics for pharmaceutical 
treatments, which can help avoid the potential side effects when administering medications to 
patients with injury but not developing HO, and negate the need of surgical intervention when HO 
progresses to a more matured stage. The study also demonstrated the potential of adapting MUVE 
and the acoustic strain system for in vivo applications.  
Future Directions  
Heterotopic ossification is often associated with high vascularization and tissue stiffening 
[19]. To allow even earlier and more reliable detection of HO, we can use contrast imaging with 
targeted microbubbles for detecting associated immune response and vessel formation. Moreover, 
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the MUVE system can be used to pinpoint localized mechanical properties at the sites with high 
risk of developing HO to assist in decision making process for medical intervention.    
6.4 Thesis Conclusion and Outlook  
This dissertation showcased our work on developing and applying novel ultrasound-based 
techniques for mechanical and compositional characterization as well as mechanical stimulation, 
and demonstrated their potentials for mechanobiology studies and other tissue engineering 
applications. Results have shown that with these techniques, we can obtain quantitative 
viscoelastic mechanical properties of soft materials and map heterogeneity in multiphase 
constructs. We can also noninvasively monitor the compositional and mechanical properties 
concurrently during tissue development. Pulsed acoustic radiation force can be applied to induce 
cyclic strain in engineered tissues to promote stem cell differentiation towards osteogenesis and 
accelerate mineralizing tissue maturation.   
A future goal is to develop an integrated multimode ultrasound system combining MUVE, 
SUSI and ultrasound stimulation, and advances based on the current system can be made towards 
this future goal to combine SUSI and MUVE and to improve the mechanical loading system. The 
imaging transducer can be moved using the motorized stage with a small step size to mimic the 
motion of the imaging probe on the VEVO system and obtain 3D volumetric information of the 
sample. We can apply SUSI analysis with the RF data acquired with the imaging transducer in the 
MUVE system to characterize the sample composition. For the mechanical characterization, a 
slightly larger step size can be used when scanning across the sample since the mechanical testing 
is more time consuming. The mechanical testing results can be mapped onto the 3D volumetric 
imaging and be correlated with the SUSI analysis results for studying the structure-function 
correlations. For the mechanical stimulation, to more effectively treat large amount of cellular 
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constructs, we can combine multiple small-dimension focused ultrasound transducers into a 2D 
array and simultaneously power the transducers to treat multiple cellular construct. The transducer 
array can be connected to a linear actuator for scanning the sample. Future work may be needed 
to combine all three techniques, SUSI, MUVE and mechanical stimulation, into a compacted 
system when it becomes cost-effective.          
This integrated system will help tremendously in advancing tissue engineering approaches 
by providing tools for better quality control, longitudinal monitoring of tissue development, and 
mechanically stimulating tissues for optimal outcomes. It can also be used in mechanobiology 
studies and provide unique insights into the roles of matrix composition, static mechanical 
environment, and dynamic mechanical stimuli.  
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Appendix A Spectral Ultrasound Imaging (SUSI) Procedure 
Materials  
1% Agarose gel padded dish, 55MHz 707B Probe or 35MHz 708 probe, phosphate buffered saline 
(PBS) or culture medium 
 
SUSI Imaging Procedure 
1. Power the system (one switch behind the machine, and one on the left side) and log into 
VEVO system and open the software (software automatically loads)  
2. Immerse probe in PBS in a large container with distilled water 
3. Initialize probe, choose operator, create and name new experiment 
4. In B-mode, set imaging power, frame rate, and FOV size (with SectorX and SectorY) 
5. Make sure probe has enough space to move, and initialize 3D in B-mode  
6. In Digital RF mode, set number of lines per frame (250), choose data collection ROI, and 
initialize 3D 
7. Put agarose gel pad on the stage, carefully place samples in the dish, and immerse probe in 
the dish above the sample  
8. Frame Images and 3D Images: 
a. B-mode, power 100%, cardiac mode, 8.99mm range, 0.032mm step size 
b. Adjust probe position such that sample surface is at 4.5mm, which is the focus of 
the probe 
c. Adjust FOV such that it covers the whole sample while remaining some space in 
case the samples are different in size.  
d. Move the stage to image one end of the sample, note the reading of distance 
e. Image and store several frames of the sample, use “Scan/Freeze” to image and 
pause, use “Frame Store” to store frames 
f. Adjust sample position to be in the center of the scan range 
g. make sure the range covers the whole sample and Start 3D 
h. Save image using “Cine Store” 
 
9. RF Data: 
a. “Mode” -> “Digital RF Mode” 
b. Adjust the red box in the image region, so it covers the whole sample and the 
agarose gel pad 
c. Adjust Settings: Power, 250 lines/frame, 3D mode, 8.99mm range, 0.2m step size 
(for example) 
d. Check by taking one frame at the center position, then look at different A-lines, 
check if the signal is saturated 
e. Start scan 
f. Save data using “Cine Store” 
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10. Attenuation Measurements 
a. In digital RF mode, uncheck 3D scan.  
b. Change frame number to 1.  
c. Move the transducer so that it focuses somewhere close to the agarose gel pad 
surface. Here, the agarose gel surface is set to be around 4.5mm from the probe. 
d. Adjust position of sample, choose a position at which there’s some spacing between 
sample and agarose gel, and signal at the agarose gel surface is detectable in the 
image. Acquire one frame. Save using “Frame Store”. 
e. Introduce water flow using a spatula or plastic syringe to move the sample out of 
FOV. Acquire one frame of the agarose gel pad without sample as reference. Save 
using “Frame Store”. 
f. Repeat d & e to get total of 3 sets of measurements. 
 
11. Before moving onto next sample, browse collected data, make sure several B-mode frames, 
3D, digital RF, and 3 measurements of attenuation have been acquired and stored. 
12. Repeat step 7-11 for all samples.  
13. Store samples in PBS and put in the fridge with clear labels (name of sample, initials & 
date). 
14. Fill agarose gel padded dish, wrap with parafilm, and store in fridge for future use.  
15. Export images (in .tif for B-mode and .rdb for digital rf data); Or copy the VEVO file for 
the whole study from “E:\VEVO Data\ Permanent Study\” to a flash drive and work offline. 
 
SUSI Data Analysis 
1. Copy Vevo file into the VEVO system directory in “C:\Programs\Vevo\Permanent Study\” 
2. Create subfolders under a parent folder for the study for Attenuation, RF Data, Exported 
Images, Analysis, Analysis Results, and empty folders for Control and Tumor, Sample, 
Attn (for attenuation data only). 
3. Connect the VEVO toggle drive, open VEVO 770 software. 
4. Label 3D images using “Image Label” function.  
5. Label RF images as “sample_name_RF”. 
6. Label attenuation measurements as “sample_name_attn1” and “sample_name _attn1_ref”, 
etc. 
7. Export 3D rendered images:  
a. Open 3D image, “set-up” -> “3D mode” 
b. Check “rendered” and then “rendered”. Choose to display one angle in the window. 
c. Save the 3D window image with proper sample name as tiff in “Exported Images” 
d. Change to front view, save the window image  
e. Repeat the same procedure for 3D images of all samples. 
8. Export RF-data: 
a. Select a RF image without opening the file, click “Export Image” on top of the 
interface, export as “sample_name_RF” in rdi/rdb files to RF Data\ SampleFolder 
b. Do the same for other samples; 
9. Export Attenuation Data 
a. Select an image without opening an image, export as rdi/rdb files into 
Attenuation\Sample1\Attn1 with name “sample_name_attn1”. 
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b. Save the corresponding reference image data in the same directory with name 
“sample_name_attn1_ref”. 
c. Do the same for all other attenuation data. 
10. Copy “Analysis” folder from last time. It has MATLAB scripts “UltraView”, 
“attenuation_analysis”, “surface-contour”, “SUSI_analysis”, “write_data_to_spreadsheet” 
and “data_summary”. 
11. Open “gi_gui.m” in MATLAB, run the script, preprocess all the rdi/rdb files exported from 
VEVO 770. 
12. Load Calibration data. Here since RF data are collected with probe 707 with 50% power. 
Load “707-P50-B1-R5” from calibration folder. Display Aline 50. Find the time interval 
for the agarose gel signal. Here it’s 1.43 to 1.52. This is useful for SUSI analysis. 
13. Attenuation analysis. Open “Attenuation Analysis.m”. change the directory, filename if 
necessary. Run the script and record attenuation values and speed of sound values in a 
spreadsheet.  
14. Open “Surface_contour.m” and “SUSI_Analysis.m”. Run “surface_contour” to draw 
contours around the sample. Remember the frames to be analyzed and corresponding A-
line ranges, and copy the information into “SUSI_analysis.m” 
15. Change the calibration file and type in “SUSI_ analysis.m”. First set “ip.ImageOvelayChk” 
to 0. Run the script to analyze all RF data. 
16. The slope, mbf, asd, aac values will be saved to “parameters.mat” 
17. Open “write_to_spreadsheet.m” and adjust spreadsheet cell number according to fame 
number. Run the script to export parameter values to spreadsheet. 
18. Run “data_summary.m” to read parameter values from spreadsheet and make plots. 
19. Adjust ranges for the four parameters in “SUSI_analysis” and run the script again with 
“ip.ImageOverlayChk” = 1, and “ip.MustEvalChk” = 0 to save parametric images. 
20. Summarize results in a presentation with 3D and B-mode images and representative 
parameter-overlaid images.
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Appendix B Multimode Ultrasound Viscoelastography (MUVE) Procedure 
1. Instrument set- up: 
A. BNC Model 565 Pulse/Delay Generator 
a) Channel A (HIFU Pulses) 
i. Enabled, Sync Source: To, Width: 0.99s, Delay:0 
ii. Pol: Active High, Out: TTL/CMOS 
iii. Mode: Burst, Burst: 180 Pulses 
iv. Gate: Disabled, Wait: 20 Pulses 
v. Ch: -DCBA-, Mux: -0001- 
b) Channel B (Imaging) 
i. Enabled, Sync Source: To, Width: 0.96s, Delay 0.015s 
ii. Pol: Active High, Out: TTL/CMOS 
iii. Mode: Burst, Burst: 200 Pulses 
iv. Gate: Disabled, Wait: 0 Pulses 
v. Ch: -DCBA-, Mux: 0010 
c) Sytem Settings 
i. Mode: Burst, Burst: 220 Pulses 
ii. Rate: per 1s 
iii. Gate/TRIG: Disabled, Level: 1V 
B. Function Generator Agilent 33220A (for Imaging) 
a) Pulse: 50Hz, 3Vpp, 0 offset, 20us width, 5ns edge time 
b) Burst: Externally triggered on rising edge, Gated, Neg 
C. Function Generator Agilent 33250A (for Pushing) 
a) Sine: 2MHz, 60mVpp, 0 offset, 
b) Burst: Externally triggered on rising edge, Gated, Pos 
D. Panametrics-NDT Model 5900PR 200MHz computer controlled Pulser/Receiver (for 
Imaging) 
a) Mode: P/E 
b) PRF: EXT-BNC 
c) Energy: 32uJ 
d) Damping: 50 Ohm 
e) HP FILT = 1 kHz 
f)            LP FILT = 50 MHz 
g) ATTENUATORS = 00.0 dB 
h) GAIN: 54.0 dB 
i)             RF OUTPUT PHASE= 180 
E. Agilent infiniuum 54830B DSO Oscilloscope (when acquiring data) 
a) Window: 700ns, 72.5us (adjustable) 




2. Alignment of Transducers:  Set needle on 3D stage, make sure everything is level, and move 
needle with velmex control box to somewhere near the focus of the Pushing/Imaging 
transducer 
3. Set Energy on Pulser/Receiver to 1uJ. Connect Pushing transducer (2MHz black annular 
transducer) to Pulser/Receiver T/R terminal 
4. Turn PRF on Pulser/Receiver to 200Hz. 
5. Adjust position of the needle using MATLAB script “Velmex.m” to move needle to the focus 
of the HIFU transducer. Focus of Pushing transducer is at 85us round trip. V_max ~ 2.1Vpp.  
6. Turn PRF back to “EXT-BNC” and disconnect pushing transducer 
7. Connect Imaging transducer to Pulser/Receiver T/R outlet, set energy to 32uJ. Adjust 
transducer position to focus at the needle. Imaging transducer focuses at 70us. V_max ~ 
5.1Vpp.  
8. Turn PRF back to “EXT-BNC” and disconnect imaging transducer. 
9. Connect pushing transducer to Pulser/Receiver and double check the needle is still at Pushing 
transducer focus 
10. Turn PRF back to “EXT-BNC”, disconnect pushing transducer, and connect the imaging 
transducer to Pulser/Receiver 
11. Move the needle out of the tank.  
12. After imaging the sample with Vevo, place sample in the agar gel holder. Mount holder with 
sample on 3D motor. Slowly immerse the sample holder into water. 
13. Move sample to the focus of the imaging transducer, and scan around to localize the sample 
center.  
14. Pick a location to test. Set sample surface at 70us away with respect to the imaging transducer 
(round trip).  
15. Adjust oscilloscope time and amplitude window to capture the whole sample. Also change 
the center of the time window to see the whole sample.  
 
Figure B-1. MUVE system setup. 
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16. On oscilloscope, “System” -> “Acquisition”, change the acquiring mode to “Segmented”, 
Sampling Rate should be set to “250MSa/s”. Set # of segment to 1, and read the Points per 
segment. Increase the # of segments without losing the points per segment.  
17. Turn Pulser/Receiver “PRF” to “Ext-BNC”.  
18. Change the trigger setting on function generator for imaging to “N Cycle” and then switch 
back to “Gated”. This will reset the function generator triggering.  
19. On oscilloscope, click “Control” -> “Run”. 
20. On the Pulse/Delay Generator, press “Run|Stop” button.  
21. Once acquiring data, #of segments on oscilloscope should increment by 2 every second till 
the pushing finishes. Then it will increment by 50 per second. 
22. After acquisition, play the sequence and make sure interference occurs for the right segment 
number. Also check if there’s big difference between before and after.  
23. If the interference occurred at the right timing, and no significant shift in sample location 
was observed, on oscilloscope: “File” -> “Save” -> “Waveform”. Name your dataset and 
save the data. 
24. Repeat step 14 to 23 and test multiple locations in each sample. Save waveform after 
checking.  
25. Once all data sets are collected, move sample outside the tank. Properly dispose or store 
sample. Wash the sample holder with bleach, and store water bath at room temperature. Turn 
off all instruments and Velmex. Remove water from tank so that the transducers are not 
soaked in the water over long period of time. 
